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Cerebral palsy, a severe motor disability among children, is a chronic neuromuscular 
disorder that affects an individual’s ability to control basic motor tasks, posture, and muscle 
coordination. Children diagnosed with cerebral palsy often have reduced walking ability 
compared to their typically developing peers, which limits their independence and overall quality 
of life. Despite early intervention to address anatomical and functional deficits for children with 
cerebral palsy, some children do not respond to treatment, in part, because the driving 
musculoskeletal sources of reduced mobility are challenging to identify separate from 
compensatory muscle action. For example, children with cerebral palsy often walk with a hip 
compensation strategy; however, how this strategy is related to the child’s self-selected walking 
speed remains unclear. In addition, tibial torsion, a common bone deformity seen in children 
with cerebral palsy, results in reduced capacity of lower limb muscles to support the body during 
gait. However, implications for compensatory gait strategies adopted by children with bone 
deformities have not yet been explored. Musculoskeletal modeling and simulation is a non-
invasive tool used to evaluate muscle forces and functional roles during gait. These tools can be 
used to identify sources of altered walking patterns and evaluate current physical therapy and 
surgical procedures. However, the application of musculoskeletal models for children with 
cerebral palsy remains limited by model assumptions.  
The purpose of this work was to provide a quantitative analysis of walking in children 
with cerebral palsy. Both joint and muscle level analyses were completed to evaluate how 
children with cerebral palsy walk, including how children walk at faster self-selected walking 
speeds and how children use compensatory gait patterns with lower limb bone deformities. 
Current assumptions limiting the accuracy and use of musculoskeletal modeling and simulation 
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for children with cerebral palsy were addressed using sensitivity analyses and subject-specific 
model development. The results from this work provide novel information regarding gait 
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CHAPTER 1  
INTRODUCTION AND LITERATURE REVIEW 
Cerebral palsy (CP) is a chronic neuromuscular disorder that affects an individual’s 
ability to control basic motor tasks, posture, and muscle coordination. CP is the most common 
severe motor control disorder in children in the United States (Accardo, 2008), with 
approximately 3 in every 1000 children being affected and approximately 40% of those children 
having limited or no walking ability (Christensen et al., 2014). According to the Center for 
Disease Control, the total lifetime costs for all children born with CP in 2000 is estimated to 
reach 11.5 billion dollars (CDC, 2004). 
CP is not a progressive disorder, meaning the primary symptoms of the disorder do not 
change over time. However, secondary effects can continue to worsen throughout a person’s life. 
Some of these effects include joint degeneration, reduced walking ability, muscle contractures, 
and bone deformities. Due to these secondary effects, the quality of life for someone with CP can 
diminish over time. Early interventions are needed to reduce the detrimental effects of the 
disorder and to improve walking ability.  
Treatment options commonly used to treat the musculoskeletal symptoms associated with 
CP include surgical intervention, medication, and physical therapy. Surgical interventions can 
improve range of motion and skeletal alignment by reducing the effects of contracted muscles 
and bone deformities (Gage, 1993; Galey et al., 2017; Schwartz, 2014). Physical therapy can be 
used as a stand-alone treatment, or in combination with surgical intervention (Chambers, 2001). 
Common physical therapy techniques include strength training and gait training used to address 
muscle weakness, muscle coordination, and gait performance (Anttila et al., 2008; Damiano and 
DeJong, 2009; Dodd et al., 2002; Mockford and Caulton, 2008; Park and Kim, 2014; Verschuren 
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et al., 2011). However, many children have mixed benefits from both surgical and physical 
therapy treatments, in part, because the driving musculoskeletal sources of reduced mobility are 
challenging to identify separate from compensatory muscle action (Chambers, 2001) .  
Walking is a complex task that requires muscles to support the body while also producing 
forward prolusion and maintaining balance (Anderson and Pandy, 2003; Liu et al., 2006; 
Neptune et al., 2004; Pandy et al., 2010). Support of the body is primarily provided by the ankle 
plantarflexors, hip abductors, uniarticular hip extensors, and uniarticular knee extensors during 
early stance (Anderson and Pandy, 2003; Neptune et al., 2004); by the hip abductors and passive 
skeletal support during mid stance (Anderson and Pandy, 2003; Liu et al., 2006); and by the 
ankle plantarflexors during late stance (Anderson and Pandy, 2003; Liu et al., 2006; Neptune et 
al., 2001). Propulsion is primarily provided by the ankle plantarflexors in late stance (Neptune et 
al., 2001), while the knee extensors provide braking of the body during the first half of stance 
(Liu et al., 2006). Many functions of muscles during typically developing gait are altered or 
reduced during gait for children with CP. Weak muscles, commonly observed for children with 
CP (Chambers, 2001; Gage, 1990), may limit the ability to support and propel the body during 
gait (Steele et al., 2013). In addition, simplified control strategies are often found in children 
with CP, which limit or prevent required muscular control to produce coordinated movements 
(Cahill-Rowley and Rose, 2014; Fowler and Goldberg, 2009; Steele et al., 2015). Bone 
deformities, resulting from altered growth patterns and joint loading for children with CP, can 
also result in altered postures during movement (Lee et al., 2013), increased internal joint 
loading (Davids et al., 2014; Passmore et al., 2018), and reduced capacity for muscles to support 
and propel the body during gait (Hicks et al., 2007; Schwartz and Lakin, 2003).  
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Continuing research aimed at identifying primary limitations to gait performance for 
children with CP is critical to informing treatment interventions. Previous and current research 
into joint and muscle mechanics used by children with CP to walk has provided important insight 
to identify the best methods of treatment for reduced knee flexion during gait (Fox et al., 2009; 
Goldberg et al., 2004), appropriate targets for strength training (Arnold et al., 2005; Steele et al., 
2012c), and correcting bone deformities (Hicks et al., 2007; Schwartz and Lakin, 2003). 
Both evaluating motion using dynamic models and musculoskeletal models of the lower 
limbs provide information of muscle contributions to gait performance. Net joint torque and 
power can be interpreted to understand resultant forces and motion produced by lower limb 
muscles. Previous literature has identified hip compensation strategies used by children with CP 
based on the relative contributions of hip power generation and ankle power generation during 
gait (Ishihara and Higuchi, 2014; Olney et al., 1990; Riad et al., 2008). These results must be 
interpreted though, in the context of each muscle’s function during gait, identified through the 
use of musculoskeletal modeling and simulation.  
Musculoskeletal modeling and simulation provide estimates of individual muscle forces 
noninvasively. Estimates of muscle forces provide necessary information to evaluate muscle 
function using induced acceleration analyses (e.g., Hamner et al., 2013). Musculoskeletal 
modeling and simulation has been successfully used to evaluate muscle contributions to altered 
sagittal plane gait patterns for children with CP (Correa et al., 2012; Steele et al., 2012c, 2010), 
and as a tool to evaluate physical therapy outcomes (Hegarty et al., 2016). However, less 




Despite current utility of musculoskeletal modeling and simulation, the application of 
these models for children with CP remains limited by model assumptions. We look to expand on 
the current utility of musculoskeletal modeling and simulation by introducing an orthosis model 
and subject-specific strength scaling. Approximately 50% of children with CP wear orthoses 
(Knutson and Clark, 1991), and therefore are an important modeling consideration to improve 
the use of musculoskeletal modeling and simulation for a broad range of children with CP. 
Muscle weakness is also common in children with CP, and the distribution of strength among 
lower limb muscles is highly variable between children with CP (Handsfield et al., 2016). 
Incorporating subject-specific strength scaling has been shown to improve the accuracy of 
musculoskeletal simulations for able-bodied subjects (Bolsterlee et al., 2015; Knarr and 
Higginson, 2015; Serrancolí et al., 2016).   
The following chapters include an analysis of joint kinetics, musculoskeletal modeling, 
and sensitivity studies for musculoskeletal simulations. This body of work is a comprehensive 
analysis of gait performance and muscle function in children with CP, evaluating joint mechanics 
across participants with a range of self-selected walking speeds, muscle function for varying gait 
patterns, and the effects of incorporating subject-specific model characteristics within 
musculoskeletal analyses estimating muscle force and function during gait. This work 
contributes to the understanding of gait mechanics in children with CP. Further, the results of the 
following studies provide novel information and methods that have the potential to guide therapy 
interventions children with CP. Novel contributions of this work have been shared with the 
community through a number of publications and presentations (APPENDIX A). 
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1.1 Common Gait Disorders in Cerebral Palsy 
CP is characterized by a group of disorders that affect motion, muscle coordination, 
posture, cognitive function, sensation, and respiratory function. Children with CP often have 
motor control difficulties that may result in a decreased ability or inability to complete basic 
tasks required for independence such as walking. Several possible contributing factors to gait 
disorders associated with CP include muscle spasticity, motor control impairment, muscle 
weakness, contractures, and skeletal deformities (Gage, 1990). Terminology used in this 
document to describe the mechanics of walking are described in detail in APPENDIX B. 
Common gait disorders associated with children with CP are true equinus, apparent 
equinus, and crouch gait (Chambers, 2001). True equinus gait is characterized by difficulty in 
dorsiflexing the ankle, and affects 61% of children with CP who have altered gait (Wren et al., 
2005). This type of gait can be associated with joint stiffness at the ankle or with excessive 
muscle spasticity in the plantarflexors, and can lead to gait patterns such as recurvatum gait and 
jump gait (Figure 1.1 A and B). Apparent equinus (Figure 1.1 C) is often characterized by 
increased dynamic or static knee flexion without difficulty dorsiflexing the ankle, leading to gait 
patterns such as stiff knee gait (Chambers, 2001). Apparent equinus affects 80% of children with 
CP who have altered gait (Wren et al., 2005). Three dimensional gait analysis can be used to 
assist in the diagnosis of apparent equinus, by quantifying dynamic changes at lower limb joints 
during gait motion. Misdiagnosis of true equinus, resulting in targeted treatment to lengthen or 
weaken the ankle plantarflexors, can decrease gait performance for a child with apparent equinus 
(Chambers, 2001). Finally, crouch gait (Figure 1.1 D) is a gait disorder associated with increased 
hip flexion, knee flexion, and ankle dorsiflexion (Chambers, 2001), affecting 69% of children 
with CP who have altered gait (Wren et al., 2005).  
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In addition to sagittal plane deficits, 98% of children with CP also exhibit deviations in 
transverse plane kinematics. Internally rotated foot progression angles (FPAs), observed in 61% 
of children with CP, and externally rotated FPAs, observed in 21% of children with CP (Simon 
et al., 2015), can arise from skeletal malalignment, kinematic deviations during gait, or a 
combination of both.   
A complex set of symptoms and possible factors lead to a wide range of gait patterns 
observed in children with CP. In addition, misdiagnosis and treatment can result in generating 
additional gait abnormalities (Chambers, 2001). Therefore, effective diagnosis and treatment 
immediately is critical to improve quality of life and prevent the development of any further 
mobility limitations.  
A B C D 
  
Figure 1.1 Examples of altered gait associated with CP, including true equinus ((A) recurvatum 
gait and (B) jump gait), (C) apparent equinus and (D) crouch gait. Figure adapted from 
Chambers, 2001. 
 
1.2 Clinical Diagnoses 
Several clinical tests are commonly used to diagnose spasticity, strength, independence, 
and overall movement, to better quantify the child’s functional ability and to assist in treatment 
planning. Mobility performance tests including the 10-meter walk test and 6-minute walk test are 
used to evaluate the child’s fast-as-possible walking speed and walking endurance, respectively. 
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The Gross Motor Function Classification System (GMFCS) is used to differentiate the 
ambulatory abilities of a child with CP based largely on the assistive devices that a child needs 
on a daily basis. Children classified as Level I or II are able to walk independently (for at least 
short distances in level II). The Gross Motor Function Measure (GMFM) is a similar assessment 
test for motor function; however, the ability of a child is quantified with more detail in different 
areas of daily activity including lying and rolling; sitting; crawling and kneeling; standing; and 
walking, running, and jumping.  
Joint level tests can be used to measure joint range of motion, spasticity, isometric joint 
strength, and selectivity (Desloovere et al., 2006). Range of motion can be measured passively or 
actively for lower and upper limb joints. Spasticity is described as a velocity dependent stretch 
response of muscles during passive joint motion, typically measured with the Ashworth scale, 
and can be verified with active muscle activity recorded with electromyography (EMG) during 
the stretch (Damiano et al., 2002). Selectivity, or the ability to move a joint independently from 
other joints, is measured during voluntary motion tests (Desloovere et al., 2006), and is typically 
measured with the SCALE assessment (Cahill-Rowley and Rose, 2014).  
Isometric joint strength is typically measured in clinic using handheld dynamometry. 
Handheld dynamometry is easily performed in clinic, but presents challenges to measure reliable 
and accurate muscle strength measurements for children with CP. Willemse et al. established 
that reliable handheld dynamometry data can be collected from skilled evaluators and are best 
when two tests are performed and the results are averaged (Willemse et al., 2013). For children 
with poor selective motor control, isolated joint strength tests may be challenging or impossible. 
Kusumoto et al. found an inverse relationship between measured selective motor control and 
muscle strength at the knee joint using handheld dynamometry for children with CP (Kusumoto 
8 
 
et al., 2016). Therefore strength measurements using handheld dynamometry may represent 
some composite measure of voluntary selective motor control and muscle strength.  
Comprehensive investigation of functional limitations, movement abilities, and joint level 
alterations, can provide insight into individual child neuromusculoskeletal deficits. Metrics 
including GMFCS level, GMFM scores, walking speed and endurance, joint range of motion, 
spasticity, joint strength, and selective motor control are all used to describe the deficits faced by 
each child. Evidence-based diagnoses are used to develop targeted treatment plans to address 
each child’s disability.  
1.3 Musculoskeletal Deficits 
Musculoskeletal deficits are often observed in children with CP. These deficits can result 
in complex and significant effects on a child’s overall gait pattern. Children with CP often suffer 
from muscle weakness, spasticity, impaired neurological control, and bone deformities.  
1.3.1 Muscle Weakness 
Muscle weakness is commonly cited as a possible cause or contributing factor to altered 
gait patterns in children with CP (Gage, 1990). Changes in muscle physiology as well as 
measured joint strength both indicate muscle weakness in children with CP. Muscle physiology 
changes have been observed including reduced muscle volume for the ankle dorsiflexors, ankle 
plantarflexors, hamstrings, and quadriceps in children with CP in comparison to typically 
developing children (Elder et al., 2003; Oberhofer et al., 2010), and reduced muscle volume on 
the affected side for hemiplegic children with CP (Elder et al., 2003; Lampe et al., 2006). 
Changes in muscle volume are also highly variable between muscle groups within a single child, 
and across a group of children with CP (Handsfield et al., 2016). In addition, shortened muscle 
lengths have been reported in lower limb muscles (Oberhofer et al., 2010), and altered muscle 
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fascicle lengths in children with CP compared to typically developing children (Martín Lorenzo 
et al., 2015). These changes in muscle physiology may partially explain changes in joint level 
isometric strength changes in children with CP.  
Direct measures of joint strength also indicate reduced muscle strength for children with 
CP. Lower limb isometric joint strength is reduced in children with CP compared to their 
typically developing peers (Dallmeijer et al., 2017; Eek et al., 2011). Previous studies have also 
found moderate correlations between lower limb isometric joint strength and walking mobility 
parameters such as walking speed (Dallmeijer et al., 2017; Ross and Engsberg, 2007), and 
walking endurance (Ferland et al., 2012). Lower limb isometric joint strength has also been 
correlated with the magnitude of joint kinetic quantities during gait, such as peak ankle and hip 
moments (Dallmeijer et al., 2011; Eek et al., 2011). In addition, lower limb isometric strength 
has been correlated with gross motor function classification system levels (GMFCS) (Ross and 
Engsberg, 2007; Thompson et al., 2011), and has a weak correlation with oxygen consumption 
during walking (Sison-Williamson et al., 2014). 
1.3.2 Spasticity 
Muscle spasticity is often described as a velocity dependent increase in muscle response 
to an imposed stretch resulting in mechanical resistance at affected joints (Crenna, 1998). 
Measurement of the spastic catch using both quantitative joint kinetics and EMG may be 
necessary to generate a full understanding of muscle spasticity for children with CP (Lynn et al., 
2013). In addition, separating the neural and non-neural components of measured joint resistance 
may provide more effective diagnostics for targeted treatment such as botulinum toxin. Bar-on et 
al. found that botulinum toxin treatment reduced torque resistance from the neural component, or 
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the muscle’s stretch reflex, while the passive joint stiffness remained unchanged after treatment 
for children with CP (Bar-On et al., 2014).  
1.3.3 Neurological Control 
Reduced selective motor control is another contributing factor to altered gait in children 
with CP (Gage, 1990), and typically occurs in combination with muscle weakness and spasticity 
(Cahill-Rowley and Rose, 2014). Reduced selective motor control typically results in involuntary 
coupled movements of joints, commonly associated with a lower limb flexor or extensor motion 
resulting in impaired functional movement (Cahill-Rowley and Rose, 2014). Some evidence 
exists that reduced selective motor control results from injury to the corticospinal tract, and 
movement strategies are adapted using the rubrospinal tract which are thought to generate 
primitive movements (Cahill-Rowley and Rose, 2014). Selective motor control of the hip and 
knee have been linked to the ability for children with CP to walk with an uncoupled motion 
strategy at the hip and knee during the swing phase of gait, which is critical to generate efficient 
gait patterns (Fowler and Goldberg, 2009). Lower limb selective motor control impairments also 
increase distally with the ankle and foot being most affected in children with CP (Fowler et al., 
2010). 
Selective motor control, measured through a series of isolated joint motion tasks in the 
clinic, are often used to determine a child’s motor control deficits; however, these clinical 
measures do not describe the link between altered muscle control and motion. One method used 
to model the complexity of neuromuscular control in the human body is referred to as a muscle 
synergy analysis where a range of independent muscle control signals are distilled into a lower 
dimensional representation of control (Safavynia et al., 2011; Ting and Chvatal, 2010). 
Compared to typically developing children, children with CP require a reduced number of 
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synergies to walk, implying these children have a more simplified control strategy during gait 
(Steele et al., 2015). This simplified control strategy has been correlated to reductions in standard 
measures of mobility and function, such as GMFCS level, isometric strength, spasticity, and 
selective motor control for individuals with CP (Steele et al., 2015). In addition, better treatment 
outcomes for both conservative and invasive treatments are strongly correlated with better 
dynamic motor control for individual children with CP (Schwartz et al., 2016).  
1.3.4 Bone Deformities 
The development of bone deformities is often thought to occur because of altered loading 
from muscle and external forces acting on the long bones of the lower limbs. Torsional 
deformities of the long bones are common in both the femur and tibia. Femoral anteversion, or 
the angle of the femoral neck in relation to the knee axis, initially 30° to 40° at the time of birth 
remodels throughout childhood resulting in 15° anteversion at adulthood (Beals, 1969; Crane, 
1959; Fabry et al., 1973; Lincoln and Suen, 2003). The natural remodeling process often does 
not occur in children with CP, therefore anteversion often remains larger than typically 
developing individuals (Beals, 1969; Laplaza et al., 1993). Tibial torsion, or the angle between 
the knee axis and submalleolar axis, is 12° externally rotated in typically developing children 
(Inman, 1976), with both internally rotated and externally rotated tibial torsion observed in 
children with CP (Lee et al., 2013). External tibial torsion significantly reduces the capacity of 
lower limb muscles to extend the lower limbs and support the body during stance (Hicks et al., 
2007; Schwartz and Lakin, 2003). In addition, excessive femoral anteversion and external tibial 




In summary, musculoskeletal deficits commonly observed in children with CP contribute 
to altered walking patterns, reduced mobility and altered joint loading. Effective diagnosis and 
treatment for specific gait deficits rely on a comprehensive understanding of each child’s 
musculoskeletal deficits and their effects on the child’s overall movement strategy.  
1.4 Clinical Treatment  
The treatment of different musculoskeletal impairments associated with CP can have 
wide ranging results. Because of the variable nature of underlying musculoskeletal deficits, and 
resulting gait patterns, unique and individualized treatment strategies are required for each child 
(Chambers, 2001). Treatment strategies include surgical intervention to increase the passive 
range of motion, to correct skeletal deformities, and to reduce effects of spastic muscles, as well 
as botulinum toxin injections and casting to reduce the influence of spastic and contracted 
muscles.  
Bone deformities often develop in children with CP as a result of altered loading on the 
long bones in the lower extremities during development. These deformities are corrected 
surgically when both anatomical and functional impairment are identified (Gage, 1993; 
Schwartz, 2014). Long term outcomes for correction of torsional bone deformities are generally 
positive (Er et al., 2017; van der Linden et al., 2006), but these musculoskeletal deficits are often 
accompanied by kinematic deviations (Simon et al., 2015) that are not consistently corrected by 
surgical interventions (Carty et al., 2014; van der Linden et al., 2006). In addition, tight or spastic 
muscles are often addressed through surgical interventions to lengthen or alter the insertion point 
of the muscle. These procedures can restore normal kinematics and improve walking ability for 
children with crouch gait and stiff knee gait (e.g. Fox et al., 2009; Galey et al., 2017). 
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Common physical therapy techniques including strength training and gait training are 
used to address muscle weakness, muscle coordination, and gait performance (Anttila et al., 
2008; Damiano and DeJong, 2009; Dodd et al., 2002; Mockford and Caulton, 2008; Park and 
Kim, 2014; Verschuren et al., 2011). Muscle weakness is commonly observed and has been 
linked to mobility deficits for children with CP (e.g. Dallmeijer et al., 2017; Ross and Engsberg, 
2007). Positive strength gains are commonly generated during strength training (Dodd et al., 
2002; Mockford and Caulton, 2008), with some evidence of corresponding mobility 
improvements such as in walking speed (Damiano and Abel, 1998) and in GMFM section E 
(Damiano and Abel, 1998; Dodd et al., 2003). However, the effectiveness of strength training 
has long been debated, with several reviews coming to conflicting opinions (e.g. Dodd et al., 
2002; Mockford and Caulton, 2008).  
Gait training or partial body weight support treadmill training (PBWSTT) is a type of 
physical therapy focused on improving walking ability through repetitive walking tasks. The 
ability to conduct the training on a treadmill with body weight support makes this repetitive 
training method feasible for a broad range of children with different gait abnormalities and 
ambulatory levels (Damiano and DeJong, 2009). Results from gait training studies have shown 
promising results related to overall activity levels and walking kinematics. Improvements in 
functional metrics including GMFM section E scores have been found after PBWSTT (Begnoche 
and Pitetti, 2007; Kurz et al., 2011b; Provost et al., 2007). There have also been changes reported 
in functional balance post PBWSTT therapy (Provost et al., 2007) and compared to overground 
training (Grecco et al., 2013). Increased walking speed is also commonly noted after training 
(Damiano and DeJong, 2009; Dodd and Foley, 2007; Kurz et al., 2011a; Mutlu et al., 2009; 
Provost et al., 2007). Despite positive outcomes, the results of both surgical and physical therapy 
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interventions are variable. Identifying the best candidates for each treatment can be 
challenging, and identifying muscle groups that should be targeted during physical therapy 
interventions are still debated (e.g. Arnold et al., 2005; Riad et al., 2008; Steele et al., 2012a). 
1.5 Biomechanical Methods 
Quantitative methods in biomechanics are used to analyze human motion and quantify 
gait and neuromusculoskeletal deficits for those with gait disabilities.   
1.5.1 Gait Analysis 
Instrumented gait analysis is used by clinicians and researchers to quantify gait patterns 
in normal and pathological gait, correlating measures of joint kinematics and kinetics with EMG 
of skeletal muscles. Quantifying altered gait patterns in children with CP allows for identification 
of gait abnormalities and compensatory strategies in complex gait patterns (Chang et al., 2010). 
Individuals with CP also have a higher percentage of positive outcomes when following 
recommendations from gait analysis sessions (Chang et al., 2006). 
Motion capture is used to estimate motion of the skeletal system based on the motion of 
human body segments. However, soft tissue artifact contributes to inaccuracies in measurement 
of skeletal motion. Inverse kinematics approaches are used to reduce the error introduced by soft 
tissue by constraining segmental motion to follow motion of a multi-link musculoskeletal model. 
Minimization of the weighted sum of squared distances between measured and model marker 
positions subject to joint constraints can reduce the effects of soft tissue artifact (Lu and 
O’Connor, 1999).   
Inverse dynamics is a computational method used to estimate joint moments required to 
produce joint kinematics. Inverse dynamics analyses use a rigid body model with experimentally 
collected ground reaction forces and motion capture data to determine joint moments and forces 
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based on the Newton-Euler equations of motion (Zajac et al., 2002). Inverse dynamics has 
several advantages compared to other computational techniques. Only the acceleration of distal 
segments is required to determine joint acceleration, meaning that modeling errors in the upper 
body do not affect the results in the lower limbs (Zajac et al., 2002). Unfortunately, inverse 
dynamics methods are also highly sensitive to uncertainties in acceleration data (Cahouët et al., 
2002; Zajac et al., 2002) and skin mounted marker movement that violates the rigid body 
modeling assumption, producing additional model error (Zajac et al., 2002).  
1.5.2 Musculoskeletal Modeling and Simulation  
The use of musculoskeletal modeling and simulation has several advantages including its 
cost-effectiveness compared to experimental studies, the ability to access metrics not 
experimentally accessible, and asking “what if?” questions. Modeling and simulation can be used 
in design prototyping, theoretical studies, and the identification of cause and effect relationships. 
The application of dynamic rigid body modeling to assist in the understanding of the human 
musculoskeletal system has led to a number of important discoveries regarding movement 
control. It also allows for a safe environment to investigate injury mechanics, and it allows for 
evaluating the effectiveness of clinical interventions prior to the implementation of clinical 
treatment (Piazza, 2006). 
Because muscle forces cannot currently be measured experimentally in humans, 
musculoskeletal modeling and simulation are used to understand the actions of muscles in 
generating motion. Computational methods can be used to estimate muscle forces during 
movement, and muscle’s functional role to generate motion of the body (Piazza, 2006). As the 
musculoskeletal system has more muscle actuators than degrees of freedom (i.e., muscle 
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redundancy problem), optimization techniques are required to estimate muscle forces at each 
time step of the analysis.  
Two forms of optimization, static and dynamic, can be used to generate solutions for the 
muscle redundancy problem that are physiologically consistent with able bodied gait. Static 
optimization techniques solve the muscle redundancy problem at each time step to reproduce an 
experimentally collected motion. Static optimization reproduces joint moments determined from 
inverse dynamics, and produces reasonable muscle force sharing results using a standard 
objective function such as minimizing the sum of muscle activations squared (Zajac et al., 2002). 
Although static optimization is computationally efficient, results are limited by physiological 
inaccuracies, such as lack of time-dependent muscle properties, and errors introduced from short-
comings in inverse dynamics (Riemer et al., 2008). Dynamic optimization, in contrast, enables 
the user to incorporate higher level objective functions such as maximizing performance or 
reducing metabolic cost (Anderson and Pandy, 2001a). Reproducing physiologically consistent 
kinematics, kinetics, and muscle activations within dynamic optimization techniques is very 
challenging as humans intuitively modulate many “performance” and “cost” characteristics when 
moving. This computational technique is also extremely time intensive. Despite these 
shortcomings, dynamic optimization provides a powerful tool to predict changes in human 
performance after treatment interventions, or with external stimuli.  
Recent musculoskeletal modeling studies have attempted to address some of the above 
described shortcomings through the use of the hybrid optimization technique, Computed Muscle 
Control (CMC). CMC combines static optimization and proportional-derivative control to 
determine muscle forces accounting for muscle activation and deactivation dynamics (Thelen et 
al., 2003). CMC enables a forward dynamic simulation to be generated in a computationally 
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efficient framework. Both static and dynamic optimization techniques have been used to 
reproduce able-bodied gait kinematics, kinetics, and muscular control measured using EMG 
(Anderson and Pandy, 2001b; Thelen and Anderson, 2006), and hip contact forces consistent 
with measured contact forces from instrumented implant designs (Zajac et al., 2002).  
In the human body, a muscle can produce instantaneous linear and angular accelerations 
at all of the segments and joints within the body’s dynamic chain, even the joints it does not 
cross (Zajac et al., 2002). An example of dynamic coupling is the function of the soleus muscle 
in mid-stance. The activation of this muscle during stance not only acts to accelerate the ankle 
into plantarflexion (as expected given its anatomical position), but it also acts to accelerate the 
knee and hip into extension, even though the muscle only physically crosses the ankle joint 
(Zajac et al., 2002). Evaluating dynamic coupling mathematically, the relationship of a single 
muscle to the acceleration of every joint arises from the non-diagonal mass matrix, 𝐼(𝑞). The 
equation used to describe motion at each joint in the body can be seen in equation 1.1.  
 𝐼(𝑞)?̈? = 𝑅(𝑞)𝐹𝑚𝑢𝑠 + 𝐺(𝑞)𝑔 + 𝑉(𝑞, ?̇?) + 𝐹𝑛𝑜𝑛(𝑞, ?̇?) (1.1) 
where 𝑞, ?̇?, ?̈? are position, velocity, and acceleration of each generalized coordinate, 
respectively,  𝐼(𝑞) is the system mass matrix, 𝑅(𝑞) is the matrix of muscle moment arms, 𝐹𝑚𝑢𝑠 
is the vector of muscle forces, 𝐺(𝑞)𝑔 is a gravity vector, 𝑉(𝑞, ?̇?) is a Coriolis and centripetal 
vector, 𝐹𝑛𝑜𝑛(𝑞, ?̇?) is a vector of external force terms (Zajac et al., 2002).  
The complex relationship of dynamic coupling in the human body can be examined using 
an induced acceleration analysis (IAA). Using the equations of motion (Eq. 1.1) the 
instantaneous acceleration caused by a muscle can be determined (Zajac et al., 2003). To 
determine the acceleration of the model at each joint due to one muscle, the instantaneous 
position of the model, muscle force, and component of the ground reaction force produced by the 
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muscle are required. The decomposition of the ground reaction force into individual muscle 
contributions, especially at a single instant in time, is difficult (Zajac et al., 2003). Several 
different methods have been established to determine the component of the ground reaction force 
attributed to a single muscle, including an integration method (Neptune et al., 2001), a 
perturbation method (Liu et al., 2006), a pseudo-inverse multipoint contact method (Pandy et al., 
2010), and a modified hard constraint model method (Hamner et al., 2010).  
Musculoskeletal modeling is a powerful tool used to evaluate muscle function and 
coordination during human motion, but there are limitations to its accuracy and therefore clinical 
translation. Muscle force quantities computed using musculoskeletal simulation are difficult or 
impossible to measure experimentally and therefore, validation of the results of a simulation is 
extremely difficult. Methods of validation are typically limited to kinematics, kinetics, and 
electromyographic experimental data that can be compared with model outputs to confirm 
experimental consistency (Piazza, 2006). The optimization criteria used to estimate 
neuromuscular control are unknown in the real human system, meaning that what the human 
body “optimizes” for during gait or any other motion is unclear. Finally, identification of muscle 
coordination in pathological gait is challenging as a full understanding has yet to be reached for 
normal gait. Therefore the extension to pathological gait only establishes more unknowns and 
modeling challenges (Zajac et al., 2003). Despite these challenges, these approaches have 
substantially improved the understanding of neural control of movement in healthy and 
impaired populations, and have great potential for expanded clinical translation to develop 
subject-specific treatment plans.  
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1.5.3 Modeling of Children with Cerebral Palsy 
As previously described (Section 1.3 – Musculoskeletal Deficits), children with CP often 
suffer from a number of musculoskeletal deficits such as muscle weakness, spasticity, 
contracture, bone deformities, and altered neuromuscular control. As generic musculoskeletal 
models have been developed from able bodied adult cadaveric studies, these models do not 
usually address musculoskeletal deficits specific to children with CP. Despite these limitations, 
several studies have used musculoskeletal modeling to investigate muscle function and surgical 
interventions for children with CP (Fox et al., 2009; Steele et al., 2013, 2012c, 2010), through 
special consideration for inclusion criteria, methodology insensitive to modeling limitations, and 
validation of simulation results using EMG.  
Addressing musculoskeletal deficits such as muscle weakness, bone deformities, and 
muscle spasticity may lead to increased musculoskeletal model efficacy, and facilitates a 
quantification of the uncertainty in simulation results. Muscle strength during the development of 
able-bodied children can be scaled using the product of mass and height (Correa and Pandy, 
2011). Scaling muscle strength through clinical strength tests, have also been used to improve the 
accuracy of musculoskeletal simulation results for those is an instrumented knee implant (Knarr 
and Higginson, 2015). However, scaling measured muscle strength for individuals with CP 
within musculoskeletal simulations has not been addressed.  
Bone deformities, common in children with CP, should also be considered as possible 
sources of inaccuracy within musculoskeletal models due to altered joint alignment and muscle 
moment arms in the lower limbs. Tibial torsion, the axial rotation of the tibia, results in an 
altered joint alignment between the knee and ankle flexion axes. Studies, modeling the effects of 
tibial torsion on gait simulations have found that excessive tibial torsion (torsion > 30 degrees 
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past normal) reduces the contributions of the soleus to provide support and propulsion (Schwartz 
and Lakin, 2003), and reduces the capacity of the soleus, gluteus medius, and gluteus maximus 
to extend the hip and knee (Hicks et al., 2007). In addition, external tibial torsion can disrupt the 
stability of the foot during mid to late stance (Schwartz and Lakin, 2003). 
To generate musculoskeletal models that are truly representative of children with CP, 
muscle spasticity must also be addressed. A muscle level spasticity model has been incorporated 
into a single knee flexion/extension simulation, finding the model with spasticity produced lower 
peak knee angles, slower fiber lengthening velocities and lower peak fiber length, consistent with 
spastic muscles in children with CP (Van der Krogt et al., 2013). The implementation of this 
spasticity model, however, has not yet been included in a full body model or used to simulate 
walking for children with CP. 
In addition to musculoskeletal deficits, children with CP often require assistive devices to 
improve walking ability (Knutson and Clark, 1991). Ankle foot orthoses (AFOs) are commonly 
prescribed to children with CP (Knutson and Clark, 1991) to reduce the risk of falling for 
children who have drop foot, and to assist body support during stance in children with crouch 
gait (Bregman et al., 2009). AFOs affect walking speed, cadence, ankle kinematics and ankle 
power, however their influence on lower limb muscle function in children with CP is not well 
understood (Lam et al., 2005; Radtka et al., 2005, 1997). The duration and timing of soleus 
muscle excitation remains unchanged during the use of AFOs for children with CP (Lam et al., 
2005; Radtka et al., 2005, 1997), while the contribution to ankle acceleration from soleus was 
reduced and the contribution from gastrocnemius was increased when a model of a posterior leaf 




In summary, previous work has extended musculoskeletal modeling and simulation to 
investigate the musculoskeletal deficits and external devices used by children with CP; however, 
further research is required to generate musculoskeletal models that incorporate individual 
child deficits and orthoses for use in musculoskeletal simulation.  
1.5.4 Deterministic and Probabilistic Analyses 
Approaches to generate a solution space for a given number of inputs has commonly been 
used within device design and risk analysis in engineering. Both deterministic approaches and 
probabilistic approaches can generate solution spaces for complex multivariate models and 
describe individual input parameter influences on the solution space. Deterministic approaches 
generate discrete “scenarios” within the input parameter space to generate a range of model 
solutions. These approaches are effective when only considering a few specific scenarios, or 
when the likelihood of each scenario is not of interest.  
Alternatively, probabilistic approaches assign a likelihood or probability to input 
parameters, where each input parameter of interest is a random variable. These approaches have 
the advantage of defining a solution space and the likelihood of each solution given the 
likelihood of occurrence for each input parameter (Easley et al., 2007). Probabilistic approaches 
are often used to describe risk in complex engineering models (Haldar and Mahadevan, 2000). 
Probabilistic approaches have also been used to investigate the accuracy of musculoskeletal 
models, specifically the effects of estimating generic musculotendon properties and muscle 
moment arms for lower limb muscles on musculoskeletal gait simulations (Ackland et al., 2012; 
Myers et al., 2015).  
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1.6 The Mechanics of Walking, Able Bodied and in Cerebral Palsy 
Skeletal muscles coordinate motion through precisely timed excitation to generate muscle 
contractions. Precise muscle coordination is required for able bodied gait (Anderson and Pandy, 
2003), while a range of musculoskeletal and neurological control deficits can lead to altered gait 
patterns for those with CP. Maintaining dynamic stability during gait is also paramount to 
achieving an effective walking pattern. 
1.6.1 Able Bodied Muscle Function 
During able bodied gait, muscles in the lower limbs act to support the body while 
propelling the body and maintaining balance (Anderson and Pandy, 2003; Liu et al., 2006; 
Neptune et al., 2004; Pandy et al., 2010). During the first half of stance, muscles that support the 
body concurrently brake the center of mass (COM), whereas in the second half of stance, the 
muscles supporting the body propel the body COM forward (Liu et al., 2006). Precisely timed 
action of several key muscle groups are responsible for generating able bodied gait (Anderson 
and Pandy, 2003). Major muscle groups responsible for coordination of able-bodied gait include 
the plantarflexors and dorsiflexors, hip and knee extensors, and hip abductors (Anderson and 
Pandy, 2003).  
In normal gait, the ankle dorsifexors, hip abductors (Anderson and Pandy, 2003), 
uniarticular hip extensors, and uniarticular knee extensors (Anderson and Pandy, 2003; Neptune 
et al., 2004) support the body during early stance. During mid-stance body support is achieved 
largely through skeletal support and the gluteus medius (Anderson and Pandy, 2003; Liu et al., 
2006). In late stance when the leg of interest is now the trailing limb the soleus and 
gastrocnemius provide significant body support (Anderson and Pandy, 2003; Liu et al., 2006; 
Neptune et al., 2001). While supporting the body, muscles must also provide body propulsion to 
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move the COM forward. Most significantly, the soleus and gastrocnemius provide support and 
maintain forward propulsion (Neptune et al., 2001). The soleus provides propulsion of the trunk, 
while the gastrocnemius generates energy to the leg for swing initiation during late stance 
(Neptune et al., 2001). 
The hamstrings and rectus femoris, which are biarticular muscles that cross both the hip 
and knee, contribute little to support during normal gait (Anderson and Pandy, 2003; Arnold et 
al., 2005; Liu et al., 2006); however, these muscles transfer power between the leg and the trunk 
during stance (Neptune et al., 2004; Pickle et al., 2016; Silverman and Neptune, 2012).  
1.6.2 Muscle Function in Children with CP 
Individuals with CP walk at reduced self-selected walking speeds compared to their 
typically developing peers (Kim and Son, 2014). Increased joint power at the hip, knee and ankle 
are used to generate faster walking speeds for typically developing children (Schwartz et al., 
2008); however, strategies used to improve self-selected walking speeds for children with CP 
are not well understood. Gait strategies used by children with CP are generally less efficient 
then typically developing gait, with increased external (move the body COM) and internal work 
(move body segments relative to body COM) relative to typically developing gait (van den 
Hecke et al., 2007). In addition, children with crouch gait have greater average total muscle force 
during stance compared to typically-developing children (Hicks et al., 2008), and greater 
duration of muscle activation with lower limb muscles generating force throughout single limb 
stance (Steele et al., 2010). Reduced mechanical efficiency can also be explained by the overall 
posture of crouch gait, including increased knee flexion, hip flexion, and anterior pelvic tilt, 
which reduces the ability of muscles to effectively produce hip and knee extension by more than 
50% compared to able-bodied gait (Hicks et al., 2008). 
24 
 
Children with CP walk with increased hip power at push-off and longer, larger hip power 
during stance linked with decreased ankle power at push-off, indicating a hip compensation 
strategy during gait for individuals with diplegic and hemiplegic spastic CP compared to 
typically developing peers (Ishihara and Higuchi, 2014; Olney et al., 1990; Riad et al., 2008). 
During crouch gait, greater support contributions from the ankle plantarflexors and smaller 
support contributions from the gluteus medius are observed compared to unimpaired gait during 
single limb stance (Correa et al., 2012; Steele et al., 2010). Prolonged muscle activation of the 
lower limb extensors during stance results in opposing propulsion contributions from the 
quadriceps and the plantarflexors, with the quadriceps producing braking and the plantarflexors 
providing propulsion. These contributions were matched in timing and magnitude, preventing a 
net forward propulsion acceleration, and contributing to an inefficient gait pattern (Steele et al., 
2013). 
Both muscle weakness of lower limb joints and external tibial torsion may contribute to 
the development of crouch gait. Despite greater strength requirements in the knee extensors, 
crouch gait patterns can be produced with greatly reduced ankle plantarflexor strength (Steele et 
al., 2012c). Previous research noting the development of crouch gait from prior surgeries (Wren 
et al., 2005), speculates over-lengthening of the gastrocnemius-soleus complex, effectively 
reduces the strength of the muscle without addressing other muscular deficiencies (Chambers, 
2001; Gage, 1990). In addition, excessive tibial torsion substantially reduces the capacity of 
muscles to extend lower limb joints and support the body, which may be one contributing factor 
to the development of crouch gait (Hicks et al., 2007; Schwartz and Lakin, 2003).  
Thus, musculoskeletal modeling and simulation studies of both able bodied and altered 
gait patterns have provided insight into muscle function and possible treatment plans for altered 
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gait patterns for children with CP. For example, simulation studies of able bodied gait have 
found the most influential muscles in producing knee flexion velocity during pre-swing and 
swing are the iliopsoas and gastrocnemius. The vasti, rectus femoris, and soleus contributed most 
significantly to reduced knee flexion velocity in pre-swing (Goldberg et al., 2004). Currently, 
only the rectus femoris is treated in connection with stiff knee gait, to increase knee flexion 
during swing. However, muscle timing and function of the plantarflexors and hip flexors could 
also contribute to effective treatment of stiff knee gait patterns. In addition, traditional strength 
training programs have targeted knee and hip extensors; however, weak quadriceps may not be 
the cause of crouch gait in all subjects (Steele et al., 2012c, 2012a). Instead, as hip abductors and 
ankle plantarflexors have been shown to be weak in crouch gait (Steele et al., 2012c), and 
contribute substantially to support during normal gait (Anderson and Pandy, 2003), these 
muscles may be more effective targets for strength training, as well as the gluteus maximus to 
improve hip and knee extension (Arnold et al., 2005). Through the use of modeling and 
simulation, a detailed understanding of changes in muscle function associated with altered 
gait mechanics have been established.  
1.7 Summary 
In summary, CP is a disorder that affects many children and can be detrimental to 
mobility, independence, and quality of life. A number of gait patterns are commonly adopted by 
children with CP, and may result from multiple underlying musculoskeletal deficits. 
Appropriately identifying and addressing the primary deficits limiting mobility can be 
challenging. Physical therapy is a common intervention used to address functional limitations 
such as slow walking speed and muscle weakness. Appropriate targets for physical therapy 
intervention have long been debated, and although previous research has established that 
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children with CP use higher relative contributions of hip power to ankle power, no study has 
identified if this hip compensation strategy predicts higher self-selected walking speeds in 
children with CP. 
In addition, evaluation and treatment of altered transverse plane kinematics in the 
literature is limited, despite most individuals with CP walking with either internally rotated or 
externally rotated gait patterns. Previous work has evaluated the effects of external tibial torsion 
on muscle’s capacity to accelerate lower limb joints and the body COM; however no study has 
evaluated the effects of both skeletal and kinematic deviations resulting in internally rotated or 
externally rotated gait patterns. Whole body musculoskeletal modeling and simulation can be 
used to provide insight into muscle force and function during dynamic tasks for individual’s gait 
patterns, which are not accessible using experimental techniques alone. However, limitations to 
musculoskeletal model accuracy for children with CP still exist and limit wide spread use of 
musculoskeletal simulation for disabled populations.  
Therefore, the purpose of this work was to evaluate the gait of children with CP using 
dynamic rigid body and musculoskeletal models, and advance the utility and accuracy of 
musculoskeletal simulation for use to evaluate the gait of children with CP through the following 
aims: 
1. Evaluate the correlations between lower limb joint power with self-selected walking 
speed and identify differences between CP and typically developing gait strategies.  
2. Identify effects of both skeletal malalignment and kinematic deviations on lower limb 
capacity to accelerate the body center of mass.  
3. Quantify uncertainty in musculoskeletal simulations for children with CP based on 
mechanical property assumptions for the inclusion of an ankle-foot orthosis model. 
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4. Develop and evaluate a novel subject-specific muscle strength scaling approach for 
musculoskeletal modeling and simulation for children with CP. 
This work will inform current physical therapy and surgical techniques by identifying 
muscle groups used to walk at faster speeds for children with CP, and identifying kinematic and 
skeletal deviations limiting muscle function. This work also provides a platform for future 
musculoskeletal simulation studies of children with CP, by evaluating the accuracy of these 






PEAK JOINT POWER IS CORRELATED TO SELF-SELECTED WALKING SPEED IN 
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2.1 Abstract 
Cerebral palsy is a neuromuscular disorder that often results in mobility impairments, 
which are characterized by altered gait patterns and reduced walking speeds. Children with CP 
often walk with greater peak hip power generation and smaller peak ankle power generation 
compared to typically developing gait; however, the relationship between these altered lower 
limb joint powers and walking speed is not well understood for children with CP. This study 
characterized the relationship between peak joint powers and self-selected walking speed for 18 
children with CP (age 12.5 ± 2.9 years; GMFCS level II) and eight typically developing children 
(age 12.9 ± 3.35 years). Peak joint power was determined for the lower limb joints using inverse 
dynamics. The first (H1) and second peak (H3) in hip generation power, peak ankle generation 
power (A2), and the ratio between hip and ankle power (H1/A2 and H3/A2) were calculated for 
both groups. Correlations between peak lower limb power and walking speed were evaluated for 
children with CP. H1 was significantly higher for children with CP, while A2 was significantly 
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lower relative to typically developing children. H1/A2 and H3/A2 were also significantly larger 
for children with CP. H3 and A2 peak powers were significantly correlated with walking speed; 
however, no significant correlations were found between power ratios and walking speed. 
Although children with CP used a hip compensation strategy, this strategy was not correlated 
with self-selected walking speed. Based on the results of this study, both the hip and ankle 
should be targets for physical therapy intervention to improve walking speed.  
2.2 Introduction 
Approximately 40% of all children diagnosed with CP in the United States have 
significant musculoskeletal impairments that limit their walking ability (Christensen et al., 2014). 
These children often present with a range of musculoskeletal and neural control deficits 
contributing to altered gait patterns observed in this population (e.g. Law, 2014). Limitations to 
selective motor control and muscle weakness are often most evident in distal lower limb 
muscles, including the ankle plantarflexors and dorsiflexors (Barrett and Lichtwark, 2010; 
McNee et al., 2009; Wiley and Damiano, 1998). The ankle plantarflexors are critical for typically 
developing gait performance, providing both propulsion and support of the body, and 
advancement of the trailing limb during late stance (Neptune et al., 2001). The ankle 
plantarflexors are also critical in providing propulsion to walk faster (Liu et al., 2008; Neptune et 
al., 2008), and are linked to energy expenditure required to walk (Galle et al., 2017). During 
typically developing gait, forward propulsion is largely provided by the ankle plantarflexors in 
late stance; however, the hamstrings have also been shown to provide propulsion throughout 
stance (Liu et al., 2006; Neptune et al., 2004) and to transfer power between the trunk and lower 
limbs during stance (Pickle et al., 2016).  
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When the critical functions of the ankle plantarflexors are limited or lost, such as with 
individuals post-stroke and individuals with a lower limb amputation, a hip compensation 
strategy is often adopted to maintain walking speed (Nadeau et al., 1999; Pickle et al., 2017). 
Similarly, analysis of joint kinetics for children with CP reveal greater hip power at push-off and 
longer, larger hip power during stance linked with decreased ankle power at push-off. These 
results indicate a hip compensation strategy during gait for individuals with diplegic and 
hemiplegic spastic CP compared to their typically developing peers (Ishihara and Higuchi, 2014; 
Olney et al., 1990; Riad et al., 2008). Although there is speculation that this hip compensation is 
used to increase walking speed for individuals with CP, no study has directly linked changes in 
hip and ankle kinetics during gait and self-selected walking speed for children with CP (Ishihara 
and Higuchi, 2014; Olney et al., 1990).  
Reduced walking speed limits daily activities and overall well-being for children with CP 
(Pirpiris et al., 2003), and is therefore an important target for treatment (Moreau et al., 2016). 
Previous work has found isometric joint strength can account for a portion of the variance 
observed in walking speed for children with CP, specifically, isometric joint strength of the hip 
abductors and ankle dorsiflexors (Ross and Engsberg, 2007), as well as knee flexors (Dallmeijer 
et al., 2017). However, strength training that targets muscle weakness has variable success in 
improving gait performance (Moreau et al., 2016). In addition, measures of isometric strength 
often do not indicate how muscles are coordinated to produce movement during gait (Dallmeijer 
et al., 2011; Fosang and Baker, 2006).  
Therefore, the purpose of this study was to evaluate the relationship between joint power 
and walking speed for individuals with CP and compare power generated during gait for children 
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with CP to those of typically developing gait. We tested the following hypotheses to address the 
study aims: 
1) Peak power generation at the hip will be larger, and peak power generation at the 
ankle will be smaller during gait in children with CP compared to typically 
developing children.  
2) The ratio between peak power generation at the hip, and peak power generation at the 
ankle will be larger for children with CP compared to typically developing children. 
3) Peak power generation at the hip, as well as the ratio between hip and ankle peak 
power generation will be positively correlated to walking speed for children with CP. 
2.3 Methods 
A three-dimensional gait analysis session was completed for 18 children with spastic CP 
(Gross Motor Function Classification System: level II, age: 12.5 ± 2.9 yrs., leg length: 0.81 ± 
0.09 m, mass: 45.5 ± 14.9 kg) and approved by University of Nebraska’s Committee for the 
Protection of Human Subjects. All children walked barefoot and with no assistive devices. 
Participating children had not undergone surgery or botulinum toxin-A injections within the last 
six months. All participants’ legal guardians provided written consent for each child’s 
participation and all children gave their assent to participate.  
Lower body kinematics (VICON Nexus, Oxford Metrics Group, Oxford, UK, 120 Hz) 
and ground reaction forces (AMTI, Watertown, MA, USA, 1200 Hz) were collected for each 
child walking overground at their self-selected walking speed. Sixteen lower body markers were 
used to track leg and pelvis kinematics.  The marker trajectories and ground reaction forces were 
low-pass filtered using a bidirectional Butterworth filter with a cutoff frequency of 6 Hz in 
Visual3D (C-Motion, Inc., Germantown, MD). Three-dimensional gait analysis data collected 
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and published previously (Liu et al., 2008) for 8 typically developing children (age: 12.9 ± 3.35 
yrs., leg length: 0.81 ± 0.09 m, mass: 51.8 ± 19.3 kg), was downloaded from simtk.org. Gait 
trials for children walking at slow, self-selected, and fast walking speeds were included in the 
analysis for typically developing gait. 
A dynamic whole-body model with 14 rigid body segments and 21 degrees of freedom 
(Anderson and Pandy, 2001a, 1999; Delp et al., 1990; Yamaguchi and Zajac, 1989; Zajac, 1989) 
in OpenSim 3.2 (simtk.org) represented each child. The size and mass of each model segment 
was scaled based on anthropometrics and segment lengths measured during a static, standing 
trial. Three overground walking trials with consecutive force plate strikes were analyzed for each 
child with CP. Joint kinematics were determined using a least-squares optimization algorithm in 
Visual3D (Lu and O’Connor, 1999). Inverse kinematics and ground reaction forces for typically 
developing individuals walking overground at their self-selected walking speed were analyzed 
for half a stride (Liu et al., 2008). A residual reduction algorithm (RRA) was used to estimate 
trunk angles and ensure dynamic consistency between measured kinematic and ground reaction 
force data. Joint kinetics were then calculated using an inverse dynamics approach.  
Peak hip generation power during the first half of the gait cycle (0-50%, H1) and during 
the second half of the gait cycle (50%-100%, H3), as well as ankle generation power during 
stance (30%-60%, A2) were evaluated (Eng and Winter, 1995). Walking speed was calculated 
based on the stride length divided by stride time in Visual3D. Stride length was defined as the 
distance between the proximal end of the foot at heelstrike, and the proximal end of the foot at 
the next consecutive ipsilateral limb heelstrike. Stride time was defined as the total time from 
heelstrike to consecutive ipsilateral limb heelstrike. Heelstrike events were computed using 
ground reaction forces, and recorded for each walking trial. Ratios between hip and ankle power 
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were also calculated for each walking trial, including the ratio between the first peak in hip 
generation power (H1) and ankle generation power (A2), as well as the ratio between the second 
peak in hip generation power (H3) and ankle generation power (A2). Pearson’s correlations were 
performed between self-selected walking speed, peak generation joint power, and peak power 
ratios (α=0.05) for the children with CP.  
2.4 Results 
The first peak in hip generation power (H1) was higher, and peak ankle generation (A2) 
was lower for children with CP compared to typically developing children (H1, p=0.027; A2, 
p<0.0001). Both H1/A2 and H3/A2 ratios were also larger for children with CP (H1/A2, 
p=0.0032; H3/A2, p=0.009, Figure 2.1). Children with CP and typically developing children 
walked at similar walking speeds, with CP gait speed of 1.15 ± 0.152 m/s, and typically 
developing gait speed of 1.17 ± 0.37 m/s.  
 
Figure 2.1 Peak power generation for children with CP and typically developing (TD) children 
are shown. First and second peaks of hip power generation (H1, top left; H3 top right), and peak 
ankle power generation (A2, top middle), are show shown versus walking speed, and grouped for 
all children with CP (black) and TD children (blue). The ratio between power generation for the 




Significant correlations were found between walking speed and peak hip flexor power 
(H3, ρ=0.641, p<0.0001), and peak ankle plantarflexion power (A2, ρ=0.411, p=0.004, Figure 
2.1) in children with CP. However, no significant differences were found between the ratio of hip 
and ankle power (H1/A2 and H3/A2) and walking speed.  
2.5 Discussion 
The purpose of this study was to evaluate the relationship between joint kinetics and 
walking speed for children with CP. Reduced ankle strength and selective motor control are 
common among children with CP. To compensate for a loss in power generated at the ankle, hip 
power is often increased (Ishihara and Higuchi, 2014; Olney et al., 1990; Riad et al., 2008), 
potentially to achieve faster walking speeds (Riad et al., 2008). Hip and ankle power may both 
be significant predictors of self-selected walking speed, which is a common metric to assess 
mobility in this population. We hypothesized peak hip (H1 and H3) power and the ratio between 
hip and ankle power (H1/A2 and H3/A2) would be higher in children with CP than their 
typically developing peers, and would be positively correlated with self-selected walking speed 
in CP. We also hypothesized that ankle power (A2) would be significantly smaller for children 
with CP. 
Our first hypothesis was partially supported. Children with CP walked with significantly 
higher peak hip extension power (H1) compared to typically developing children; however, peak 
hip flexion power was not significantly different. Peak ankle plantarflexion power (A2) was 
significantly smaller than typically developing children, consistent with the findings from 
previous work (Ishihara and Higuchi, 2014; Olney et al., 1990; Riad et al., 2008). This result 
suggests that children with CP have a greater reliance on hip power generation to maintain 
comparable walking speed to typically developing peers. Our second hypothesis was also 
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supported. Children with CP had significantly higher ratios of peak hip and ankle power (H1/A2 
and H3/A2) compared to typically developing children. Again, this supports previous studies 
finding a higher relative contribution of hip power to ankle power for children with CP, and is 
often identified as a hip compensation strategy (Riad et al., 2008). 
Our third hypothesis was only partially supported. There was a moderate positive 
correlation between walking speed and H3. However, the ratio of hip to ankle power was not 
significantly correlated with walking speed. In addition, peak ankle plantarflexion power (A2) 
was moderately correlated to walking speed for children with CP, indicating both hip and ankle 
coordination contribute to walking performance. Although no significant changes in H1 were 
found for children with CP, children with CP walking at faster speeds may use longer duration of 
hip extension power without using significantly greater peak generation power as previously 
shown compared to typically developing gait (Olney et al., 1990; Riad et al., 2008).  
Greater hip power generation for children with CP compared to typically developing 
peers across a range of self-selected walking speeds supports previous work advising the training 
of hip extensors and hip flexors to improve gait performance (Riad et al., 2008). This study also 
supports targeting ankle plantarflexion strength and coordination to improve gait performance, as 
peak ankle plantarflexion power was also positively correlated with walking speed. Previous 
work evaluating training exercise programs targeting the ankle (Ishihara et al., 2015; Jung et al., 
2013) and the hip (Damiano et al., 2010) have shown positive results on gait performance for 
children with CP.  
In this study, we correlated self-selected walking speed with joint kinetics, which are 
easily measured and evaluated during standard clinical gait analysis sessions. Importantly, this 
work evaluates joint kinetics used to produce self-selected walking, and does not address 
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methods children with CP use to change speeds to walk faster or slower than their comfortable, 
or community ambulating speed. Based on limitations of collecting both kinematics and ground 
reaction forces for overground walking, the range of speeds collected in this study was relatively 
narrow, and was collected for individuals walking at comparable speeds to their typically 
developing peers. Similar to previous studies, we identified children with CP had a higher 
reliance on hip power generation than ankle power generation compared to their typically 
developing peers walking at similar walking speeds. In addition, despite the limited range of 
walking speeds collected for children with CP in this analysis, a clear relationship was identified 
between joint power generation both at the ankle and hip and self-selected walking speeds. 
2.6 Conclusion 
This study evaluated the relationship between peak joint power and self-selected walking 
speed in children with CP. Although children with CP walked with hip compensations, walking 
speed was not significantly correlated with the ratio between hip and ankle power; therefore we 
cannot conclude that the hip compensation strategy is strongly related to a child’s self-selected 
walking speed. Both greater hip and ankle power were associated with faster walking speed for 
children with CP. These results imply that rehabilitation of both the hip and ankle should be 
considered in physical therapy interventions.   
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3.1 Abstract 
Children with cerebral palsy (CP) often have altered gait patterns compared to their 
typically developing peers. These gait patterns are often characterized based on sagittal plane 
deviations; however, most individuals with CP also walk with altered transverse plane 
kinematics. In this work, we characterize the effects of both altered skeletal alignment and 
kinematic deviations consistent with CP gait on muscles’ capacity to accelerate the body during 
gait for children with CP. Three dimensional gait analysis was completed for 18 children with 
spastic CP (12.5 ± 2.9 years; GMFCS level II), and 8 typically developing children (age 12.9 ± 
3.35 years). Musculoskeletal models were developed for each participant, and tibial torsion was 
incorporated into each CP model. An induced acceleration analysis was performed to evaluate 
the capacity of muscles to accelerate the body center of mass throughout stance. Differences 
between the root-mean-square muscle capacity for children with CP walking with internally 
rotated, standard, and externally rotated postures and typically developing children were 
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evaluated. Externally rotated postures resulted in lower capacity to accelerate the body center of 
mass compared with internally rotated postures. Both changes in skeletal alignment and 
kinematics contributed to changes in muscle capacity to accelerate the body. These results 
suggest consideration should be given to altered skeletal alignment and kinematics when 
considering treatment of tibial torsion in children with CP.  
3.2 Introduction 
Cerebral palsy (CP) is a neuromuscular disorder resulting from damage to the central 
nervous system at or near the time of birth (Zhou et al., 2017). Children with CP often have 
altered gait patterns resulting in reduced walking ability (Kim and Son, 2014). These altered gait 
patterns can result from numerous altered musculoskeletal and neurological properties such as 
spastic muscles, skeletal deformities, and impaired muscle coordination (e.g. Law, 2014; 
Schwartz et al., 2016). Specifically, torsional deformities in the long bones of the legs are 
commonly seen in children with CP as their skeletal system matures (Simon et al., 2015; Wren et 
al., 2005).  
Surgical interventions are often performed to correct excessive femoral anteversion and 
excessive internal or external tibial torsion (Aiona et al., 2012; Carty et al., 2014). Ninety-eight 
percent of children with CP have kinematic rotational deviation during gait (Simon et al., 2015). 
However, only 25% of lower limb torsion measured during gait can be explained by skeletal 
deformities (Lee et al., 2013). Lower limb transverse plane kinematic profiles during gait are 
often clinically characterized by foot progression angle (FPA), which quantifies the orientation 
of the foot relative to the direction of walking. Internally rotated FPAs, observed in 61% of 
children with CP, and externally rotated FPAs, observed in 21% of children with CP (Simon et 
al., 2015), can arise from skeletal malalignment, kinematic deviations during gait, or a 
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combination of both. Often, children with CP have internal or external skeletal alignment yet 
walk within a normal range of FPAs due to transverse plane kinematic angles that alter the 
overall alignment of the lower limbs during gait (Simon et al., 2015). For example, 
compensatory internal rotation of the hips during gait is thought to restore the critical function of 
the hip abduction moment arm of the gluteus medius for individuals with excessive femoral 
anteversion (Arnold et al., 1997). 
To appropriately treat patients with rotational deficits, we must understand how altered 
skeletal alignments and kinematics affect the functional roles of muscles during daily activities. 
Musculoskeletal modeling and simulation provides a platform to investigate this question non-
invasively. Whole body musculoskeletal modeling and simulation has been used to understand 
muscle coordination and the function of muscles in typically developing gait (e.g. Liu et al., 
2006) and in children with CP (e.g. Fox et al., 2009; Steele et al., 2013). Implications of altered 
skeletal alignment have also been investigated for idiopathic skeletal torsion of the femur and 
tibia revealing greater estimates of joint contact forces in the hip and patellofemoral joint relative 
to typical skeletal alignment (Passmore et al., 2018). 
Evaluating the capacity of muscles to accelerate the body can provide critical insight into 
the functional roles of muscles, and is separately quantified from muscle coordination. Prior 
work suggests that excessive tibial torsion substantially reduces the capacity of muscles to 
extend lower limb joints and support the body (Hicks et al., 2007; Schwartz and Lakin, 2003). 
The mechanism behind these functional deficits of lower limb muscles is based on the position 
of the center of pressure in relation to the knee joint center, often referred to as lever arm 
dysfunction (Hicks et al., 2007; Schwartz and Lakin, 2003). Reduced capacity to accomplish the 
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critical functions of limb extension and body support may be one contributing factor to the 
development of crouch gait (Hicks et al., 2007; Schwartz and Lakin, 2003).  
Previous work has established possible implications of external tibial torsion for children 
with CP; however, these studies have been limited to an analysis of the altered skeletal alignment 
within a single pose consistent with mid stance of typically developing gait. In this work, we 
explore the implications of both altered transverse plane skeletal alignment and kinematic 
deviations in CP gait. Therefore, the purpose of this study was to evaluate the effects of both 
internally rotated and externally rotated lower limb postures incorporating both kinematic and 
skeletal sources of transverse plane deviations on the capacity of muscles to accelerate the body 
center of mass during gait for children with CP.  
3.3 Methods 
A three dimensional gait analysis was completed for 18 children with spastic CP (Gross 
Motor Function Classification System: level II, age: 12.5 ± 2.9 yrs., leg length: 0.81 ± 0.09 m, 
mass: 45.5 ± 14.9 kg) and approved by the University’s Committee for the Protection of Human 
Subjects. All children walked barefoot and independently with no assistive devices. Children 
were excluded if they had undergone a tendon transfer surgery prior to participating, or had 
undergone surgery or botulinum toxin-A injections within the last six months. All participants’ 
legal guardians provided written consent for each child’s participation and all children gave their 
assent to participate.  
Lower body kinematics (VICON Nexus, Oxford Metrics Group, Oxford, UK, 120 Hz) 
and ground reaction forces (AMTI, Watertown, MA, USA, 1200 Hz) were collected for each 
child walking overground at their self-selected walking speed. Sixteen lower body markers 
tracked leg and pelvis kinematics.  Marker trajectories and ground reaction forces were low-pass 
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filtered using a bidirectional Butterworth filter with a cutoff frequency of 6 Hz in Visual3D (C-
Motion, Inc., Germantown, MD). Three dimensional gait analysis previously published (Liu et 
al., 2008) for 8 typically developing children (age: 12.9 ± 3.35 yrs., leg length: 0.81 ± 0.09 m, 
mass: 51.8 ± 19.3 kg, was downloaded from simtik.org. Inverse kinematics and ground reaction 
forces for individuals walking overground at their self-selected walking speed were calculated 
for half a stride. Musculoskeletal simulations were generated for both groups using the modeling 
and simulation methods described below.  
A generic musculoskeletal model with 14 rigid body segments, 21 degrees of freedom, 
and 92 musculotendon actuators with force-length-velocity properties (Anderson and Pandy, 
2001a, 1999; Delp et al., 1990; Yamaguchi and Zajac, 1989; Zajac, 1989) in OpenSim 3.2 
(simtk.org) represented each child. Passive torsional actuators were applied to each lower limb 
joint to model the effect of passive tissues (Anderson, 1999). Generic musculoskeletal model 
segments were scaled in size and mass based on anthropometrics and segment lengths measured 
during a static, standing trial. Tibial torsion for each participant with CP was measured as the 
rotation between the knee and ankle joint flexion–extension axes in the transverse plane defined 
by a 6 degree of freedom kinematic model in Visual3D, approximated from each participant’s 
static trial. Tibial torsion was incorporated into the musculoskeletal model based on (Schwartz 
and Lakin, 2003), where the relative angle between the knee and ankle flexion axis was applied 
as a linear change in angle along the shank. Muscle paths for muscles attached to the shank were 
also transformed based on this linear function (Figure 3.1). All participants’ femoral anteversion 
was clinically measured within normal range except two participants whose femoral anteversion 
was measured within 5 degrees of normal.  Therefore, the axis alignment and muscle paths for 
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the hip and femur were unchanged from the generic model. No skeletal torsion was introduced in 
the typically developing models. 
Three overground walking trials were selected for each child with CP, where consecutive 
force plate hits were recorded. Joint kinematics were calculated using a least-squares 
optimization algorithm in Visual3D (Lu and O’Connor, 1999). A single walking trial was 
evaluated for each typically developing participant with inverse kinematic methods described in 
(Liu et al., 2008). An induced acceleration analysis was used to determine the potential of each 
muscle within the model to accelerate the body center of mass (COM) during the stance phase of 
gait. A hard kinematic constraint of rolling without slipping between the model foot and the 
ground was used to model the ground contact (Hamner et al., 2010). Muscle moment arms for 
each model degree of freedom were calculated as the perpendicular distance between the joint 
and muscle line of action and were evaluated throughout the gait cycle. Center of pressure was 
evaluated relative to the body COM, and quantified during stance. 
 
Figure 3.1 Method used to model tibial torsion within the generic musculoskeletal model. 
Measured alignment difference (θ) between the knee and ankle flexion-extension axes (shown 
left) are implemented within the musculoskeletal model shank by transforming the ankle 
coordinate axes and transforming the muscle paths based on a linear translation of the measured 
torque (shown right). 
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Table 3.1  Muscle groups defined for simulation results interpretation 
Muscle Group Muscle Group 
Abbreviation 







Vastus  Lateralis 
Gluteus Medius GMED 
Gluteus Medius (Anterior, Middle, and Posterior) 
Gluteus Minimus (Anterior, Middle, and Posterior) 
Gemellus 
Piriformis 





Biceps Femoris Long Head 




Flexor Digitorum Longus 
 
 
Foot progression angle (FPA) averaged across the walking trials were used to group the 
lower limb posture for the participants with CP. For all participants with CP, each leg was 
evaluated independently (n = 36), and FPA was identified as the average value when the foot 
was flat on the ground. Each leg was characterized as internally rotated (FPA < 4° internal 
rotation), externally rotated (FPA > 10° external rotation), or standard (FPA 4° internal rotation 
to 10° external rotation). The typically developing participants were grouped as typically 
developing. The gait pattern for each child with CP was characterized based on the Rodda and 
Graham classification (Rodda and Graham, 2001). Lower limb joint kinematics for both typically 
developing and participants with CP were averaged across walking trials and normalized to the 
gait cycle.  
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Muscle actuators in the model were grouped into muscle groups based on their 
anatomical position and function during gait (Table 3.1). Muscle capacity was evaluated for 8 
lower limb muscle groups that are critical for support, propulsion, and mediolateral balance in 
both typically developing and CP gait (Correa et al., 2012; Liu et al., 2006; Steele et al., 2013) 
based on each muscle’s potential to accelerate the body COM in 1) the anterior/posterior 
direction, interpreted as forward or backward propulsion; 2) the inferior/superior direction, 
interpreted as body support; and 3) the medial/lateral direction, interpreted as mediolateral 
balance. The root-mean-square (RMS) average for each muscle group’s potential to accelerate 
the COM was calculated. A single RMS value was established for each child with CP on both the 
right and left leg muscles, averaged across three walking trials. The effect of foot progression 
angle on muscle capacity to accelerate the body center of mass was evaluated using the Kruskal-
Wallis test by ranks. Pairwise comparisons were completed using Nemenyi-test with Tukey 
multiple comparison corrections when significant Kruskal-Wallis test results were indicated. 
3.4 Results 
Individuals with internally rotated FPA generally had internal skeletal rotation in the 
shank, internally rotated hip kinematics, and a range of gait patterns (Table 3.2). Individuals with 
externally rotated FPA walked with externally rotated skeletal rotation in the shank, and 
crouched gait patterns (Table 3.2). Individuals classified with standard FPA primarily 
compensated for internal or external skeletal rotation with altered hip and pelvis angles to return 




Table 3.2 Characterization of participants with CP, defined by FPA groupings. Kinematic 
deviations were defined as standard between 5° internal and 3° external degrees for pelvic 
rotation, 9° internal to 4° external for hip rotation, 15° to 28° external for skeletal rotation at 30% 
of the gait cycle based on typically developing pediatric range as reported in (Presedo et al., 
2017). Number of observations in each FPA group with internal, standard, and external 
kinematic ankle rotation, hip rotation, pelvis rotation are given. 
 Internal FPA Standard FPA External FPA 
Number of 
Observations 




11.3 ± 3.2 13.6 ± 2.9 15.3 ± 2.4 
Walking Speed 
(m/s) 
1.17 ± 0.12 1.17 ± 0.17 0.99 ± 0.03 
Type of gait 2 equinus 4 equinus 0 equinus 
 1 crouch 2 crouch 4 crouch 
 3 jump 1 jump 1 jump 






 5 nonclassifiable 6 nonclassifiable 0 nonclassifiable 
Skeletal 
Rotation 
14 internal 10 internal 0 internal 
 2 standard 5 standard 3 standard 
 0 external 0 external 2 external 
Hip Rotation 6 internal 2 internal 1 internal 
 8 standard 9 standard 1 standard 
 2 external 4 external 3 external 
Pelvis Rotation 5 internal 6 internal 2 internal 
 7 standard 7 standard 2 standard 
 4 external 2 external 1 external 
 
Altered transverse plane kinematic gait patterns, quantified using FPA, significantly 
affected muscles’ potential to accelerate the COM in all three planes of motion (Figure 3.2). The 
vasti, hamstrings, and soleus muscles’ capacity to propel and brake the body were significantly 
different between the internally and externally rotated groups (p=0.033, p=0.042, p=0.014 
respectively). The hamstrings, gastrocnemius and soleus muscles’ capacity to support the body 
were significantly different between the internally and externally rotated groups (p=0.02, 
p=0.019, p=0.018, respectively) and between the internally rotated and typically developing 
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groups for the soleus (p=0.019). Muscles’ capacity to accelerate the body COM mediolaterally 
were significantly different between the internally and externally rotated groups for the iliopsoas 
(p=0.001), and gluteus maximus (p=0.009); significantly different between internally rotated and 
standard groups for the vasti (p=0.027); and significantly different between externally rotated 
and typically developing groups for the gluteus maximus (p=0.021).  
3.5 Discussion 
The purpose of this study was to characterize the effects of different torsional kinematic 
gait patterns for individuals with CP on lower limb muscles’ potential to accelerate the body 
COM. Internally rotated FPAs in this study were most often a result of both internally rotated 
tibial torsion, and internally rotated hip kinematics. Externally rotated FPAs in this study 
consistently walked with flexed postures (crouch and jump gait) with both internally and 
externally rotated hip kinematics and external tibial torsion. Similar to previous work, this study 
found externally rotated postures led to significantly lower muscle capacity to accelerate the 
COM compared to typically developing gait (Hicks et al., 2007; Schwartz and Lakin, 2003). In 
addition, this study found muscle capacity to accelerate the COM for internally rotated postures 
were similar to those walking with standard FPAs.  
In this study, the capacity to accelerate the body COM within the sagittal plane 
(anterior/posterior and inferior/superior) was significantly reduced for the externally rotated FPA 
group for the vasti, hamstrings, gastrocnemius, and soleus muscles. The capacity to accelerate 
the body COM mediolaterally was also significantly reduced for the externally rotated FPA 
group for the gluteus maximus and iliopsoas. Previous work has established flexed postures, 
such as those in crouch gait, substantially reduce lower limb extensor muscle’s capacity to 
produce joint acceleration (Hicks et al., 2008). To establish if reduced capacity to accelerate the 
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body COM in the sagittal plane was a result of the flexed posture observed in the externally 
rotated FPA group, a result of the altered transverse plane kinematics, or a combination of both 
flexed and rotated posture, we look to changes in muscle moment arms. 
 
Figure 3.2 Root-mean-square (RMS) capacity for each listed muscle group to accelerate the body 
COM in the anterior/posterior (A/P) direction (top), vertical direction (middle), and 
medial/lateral (M/L) direction during stance is shown. Results are grouped according to foot 
progression angle (FPA). All muscle potentials were normalized by subject mass, providing a 
unitless quantity for the results to be evaluated. Statistically significant differences between 
groups are indicated (*). 
 
Altered moment arms observed for these muscle groups were decomposed into the 
altered muscle moment arm based on increased flexed posture, and based on the combined effect 
of both flexed and rotated posture (measured posture). The hamstring’s extension moment arm at 
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the hip was insensitive to changes in hip rotation. Gluteus maximus hip extension moment arm 
was substantially smaller for internally rotated hip kinematics. Both gluteus maximus and 
medius hip abduction moment arms were substantially smaller for externally rotated hip 
kinematics. From analysis of the compensatory strategies adopted by the participants in this 
study, individuals walking with flexed postures and internally rotated hip kinematics had smaller 
hip extensor moment arms resulting in substantially reduced muscle potential to accelerate the 
COM (Figure 3.3). In contrast, individuals walking with externally rotated hip kinematics had 
reduced hip abduction moment arms from the gluteus maximus and medius muscle groups. Thus, 
changes in the capacity of muscles to propel, support and balance the body, are altered in part by 
changes in both sagittal plane, and transverse plane kinematics. Compensatory strategies of 
internal and external hip rotation can influence muscle moment arms for the gluteal muscles 
responsible for supporting and balancing the body during gait.  
The soleus muscle’s moment arm during stance was affected both by kinematic and 
skeletal rotation in the musculoskeletal model. Based on this study, the moment arm of the 
plantarflexors were insensitive to changes in skeletal rotation both for internal and externally 
rotated torsion (Figure 3.4), consistent with previous work (Hicks et al., 2007; Schwartz and 
Lakin, 2003). Changes in subtalar kinematics resulted in much larger changes in the 





Figure 3.3 Moment arms shown are representative of a single subject, grouped in the externally 
rotated FPA group. This subject walked with everted subtalar kinematics, internally rotated hip 
kinematics, and flexed hip, knee, and ankle joints during stance. Predicted moment arms based 
on the flexed posture, and based on both the flexed and rotated posture are evaluated against 
typically developing (TD) moment arms during the gait cycle. 
 
The capacity of muscles to accelerate the COM also relies on the relative lever arm 
between the muscles’ line of action and the location of the center of pressure. This lever arm 
dysfunction was previously observed for external tibial torsion (Hicks et al., 2007; Schwartz and 
Lakin, 2003). We similarly found that the center of pressure was substantially shifted for the 
externally rotated FPA group, with the center of pressure travelling laterally relative to the body 
COM (Figure 3.5). This lateral shift would reduce the lever arm of lower limb muscles during 




Figure 3.4 Plantarflexion moment arm determined during a default static standing pose, 
evaluated based on degree of tibial torsion introduced into the musculoskeletal model. Both 
internal tibial torsion (top) and external tibial torsion (bottom) are evaluated. 
 
 These results provide useful information when considering the surgical and non-surgical 
treatments for transverse plane skeletal deformities. Consistent with previous findings, our work 
reflects the current clinical understanding that externally rotated tibial torsion results in reduced 
capacity to accelerate the COM, contributing to the progression of crouch gait and reduced 
walking speeds (Hicks et al., 2007; Law, 2014). These previous studies have analyzed the effects 
of tibial torsion on a single pose consistent with normal gait kinematics and therefore lack 
analysis of compensatory kinematics adopted by children with torsional skeletal deficits. Within 
this study, we found hip rotation and overall foot position, identified using FPA to be critical in 
identifying muscle contributions to body COM accelerations. This additional consideration is 
important when identifying potential surgical or non-surgical treatment interventions. Despite 
finding maintained or increased muscle potentials for internally rotated posture, these postures 
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can lead to greater loading in the knee (Davids et al., 2014) and long term skeletal damage, and 
therefore are often corrected using surgical techniques or orthoses.  
Muscle potentials to accelerate the body COM are useful to understand the implications 
of altered kinematic and musculoskeletal deviations on muscle function. Our interpretation of 
this quantity must be considered in the context of the action of muscles during gait. No 
assumption or conclusion has been made regarding the activation or control of muscles during 
gait, therefore these results should be considered in combination with understanding of muscle 
activation typically used by individuals with CP. We have selected muscle groups to analyze in 
this study that are critical and active during the stance phase of gait for both typically developing 
and CP gait to ensure our analysis is based on muscles that are important for walking.  
 
Figure 3.5 Average center of pressure throughout stance grouped based on foot progression angle 




In conclusion, this study evaluated the effects of FPA on the capacity of muscles to 
accelerate the body COM. A clear trend was observed with the externally rotated FPA group 
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having the lowest capacity to accelerate the body COM. This resulted from a combination of 
reduced muscle moment arms based on the flexed knee and ankle posture, as well as altered hip 
rotation and subtalar angle observed in this group, and reduced lever arm developed in this group 
by the lateral shift of the center of pressure throughout stance. Based on the results of this 
analysis, correcting both the underlying skeletal deformity and the altered kinematic posture can 
help the child take full advantage of their lower limb strength.  
3.7 Acknowledgements 
This work was partially supported by the National Science Foundation Graduate 






ADDRESSING MODELING LIMITATIONS FOR CHILDREN WITH CP: EVALUATING 
THE EFFECTS OF ANKLE FOOT ORTHOSIS MECHANICAL PROPERTY 
ASSUMPTIONS ON GAIT SIMULATION MUSCLE FORCE RESULTS 
Reproduced with permissions from Journal of Biomechanical Engineering 
2017 by ASME 
Amy K. Hegarty1, Anthony J. Petrella2, Max J. Kurz3 and Anne K. Silverman4 
 
4.1 Abstract 
Musculoskeletal modeling and simulation techniques have been used to gain insights into 
movement disabilities for many populations, such as ambulatory children with cerebral palsy 
(CP). The individuals who can benefit from these techniques are often limited to those who can 
walk without assistive devices, due to challenges in accurately modeling these devices. 
Specifically, many children with CP require the use of ankle-foot orthoses (AFOs) to improve 
their walking ability, and modeling these devices is important to understand their role in walking 
mechanics. The purpose of this study was to quantify the effects of AFO mechanical property 
assumptions, including rotational stiffness, damping and equilibrium angle of the ankle and 
subtalar joints, on the estimation of lower limb muscle forces during stance for children with CP. 
We analyzed two walking gait cycles for two children with CP while they were wearing their 
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own prescribed AFOs. We generated 1000-trial Monte Carlo simulations for each of the walking 
gait cycles, resulting in a total of 4000 walking simulations. We found AFO mechanical property 
assumptions influenced the force estimates for all muscles in the model, with the ankle muscles 
having the largest resulting variability. Muscle forces were most sensitive to assumptions of 
AFO ankle and subtalar stiffness, which should therefore be measured when possible. Muscle 
force estimates were less sensitive to estimates of damping and equilibrium angle. When 
stiffness measurements are not available, limitations on the accuracy of muscle force estimates 
for all muscles in the model, especially the ankle muscles, should be acknowledged.  
4.2 Introduction 
Musculoskeletal modeling and simulation techniques have led to important insights 
regarding neural control of movement (e.g. Pandy et al., 2010; Zajac et al., 2003b). The 
application of these methods to benefit people with movement disorders has the potential to 
positively affect rehabilitation and assistive device design. Walking simulations have been 
developed for people with an amputation (e.g. Silverman and Neptune, 2012), stroke (e.g. Knarr 
et al., 2014; Peterson et al., 2010), and CP (e.g. Steele et al., 2012b). These simulation studies 
have identified muscle compensations required to walk, potential implications of muscle 
weakness, and the effects of mechanical properties of prostheses and orthoses on gait mechanics. 
However, modeling of assistive devices can be difficult to realistically incorporate into a 
musculoskeletal modeling framework. The development of subject-specific musculoskeletal 
models has highlighted the need for robust models of an individuals’ assistive devices.  
Many children with CP require some kind of assistive device to walk (Knutson and 
Clark, 1991). Commonly, children with CP use ankle-foot orthoses (AFOs) to assist in producing 
an appropriate range of motion at the ankle during gait, to prevent excessive forward translation 
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of the tibia during stance, and to prevent skeletal deformity (Knutson and Clark, 1991). These 
devices embody a wide range of mechanical characteristics, which are dependent on both 
material selection and geometry (Sumiya et al., 1996a; Yamamoto et al., 1993a). In addition, 
mechanical characteristics can be altered during the fitting process, which may include trimming 
of the AFO and setting a “resting” or equilibrium position (Yamamoto et al., 1993b). These 
mechanical characteristics are linked to the individual needs of each child. For example, AFO 
stiffness is designed to augment joint moment requirements at the ankle during daily activities 
(Yamamoto et al., 1993b), and is typically controlled by altering the trimline on AFOs. The 
stiffness and equilibrium position of the AFO are typically targeted when prescribing an AFO for 
an individual. Some AFO types allow for separate prescription of stiffness in different portions 
of the overall joint range of motion (e.g., hinged AFOs have a hard stop to prevent ankle 
plantarflexion). The stiffness may be prescribed as a single unit to treat dysfunction in both 
dorsiflexion and plantarflexion, or may be prescribed separately. The objective of plantarflexion 
stiffness within an AFO is to generate dorsiflexion torque at heelstrike as well as improve toe 
clearance during swing. The objective of dorsiflexion stiffness is to generate plantarflexion 
torque during mid stance (Yamamoto et al., 1993b). To generate the required torque to assist the 
individual’s active joint moment, deformation away from the equilibrium position is required 
during gait for passive, plastic AFOs.  
Many methods have been presented for testing the mechanical characteristics of AFOs; 
however, there is no standard in place for clinical practice. Benchtop testing is often completed 
to provide a comprehensive characterization of the device but often requires the AFO to be 
destroyed. An exception is a benchtop testing apparatus suggested for use in clinic to evaluate 
AFO mechanical characteristics (Bregman et al., 2009). Alternatively, “functional testing” is 
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often conducted, in which the device stiffness is measured through the passive range of motion in 
parallel with an individual’s natural joint stiffness. Both benchtop testing and functional testing 
provide challenges in accurately measuring anatomically relevant mechanical characteristics 
(Kobayashi et al., 2011). Both forms of testing are also time consuming and difficult to 
generalize to large cohorts. Thus, individual testing of a child’s AFO is not often feasible in a 
clinical setting. Understanding the effects of uncertainty in AFO model parameters is critical in 
musculoskeletal model development and simulation interpretation. 
Probabilistic methods may be used to understand the effects of estimating AFO 
mechanical properties without the requirement of measuring an individual’s AFOs. Probabilistic 
methods, such as the Monte Carlo method, provide unique tools to characterize the full range of 
outputs within complex computational models when there is defined uncertainty in one or 
multiple input parameters to the system. Effects of uncertainty in the inputs can be assessed to 
understand changes in the output mean and standard deviations.  
Therefore, the purpose of this study was to determine the effects of AFO mechanical 
property assumptions (i.e., stiffness, damping, and equilibrium angle) on the muscle force 
estimates from whole body musculoskeletal simulations of gait in children with CP. We 
quantified the sensitivity of muscle force estimates to muscles that are major contributors to gait 
mechanics (e.g., ankle plantarflexors, ankle dorsiflexors, knee extensors, hip extensors, hip 
flexors). These major muscle groups are also often deficient and/or targeted for treatment in 
children with CP (Dreher et al., 2013; Schwartz et al., 2013; Steele et al., 2012c).   
4.3 Methods 
Two children with CP who were diagnosed with spastic diplegia and Gross Motor 
Function Classification Score levels of II participated in the experimental protocol (Child 1: age: 
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14 years, height: 1.6 m, mass: 50.5 kg; and Child 2: age: 16 years, height: 1.6 m, mass: 48.7 kg). 
The guardians of both children provided informed consent and the children provided assent to 
participate in the experimental protocol that was approved by the University’s Committee for the 
Protection of Human Subjects. 
4.3.1 Participants and Musculoskeletal Models  
We scaled a generic musculoskeletal model with 14 body segments, 21 degrees-of-
freedom (DOFs, metatarsal-phalangeal joint locked) and 92 musculotendon actuators with force-
length-velocity properties for both children in OpenSim 3.2 (gait2392 model, simtk.org, 
Anderson and Pandy, 2001, 1999; Delp et al., 1990; Yamaguchi and Zajac, 1989). Both children 
wore their own prescribed AFOs (Child 1: leaf-spring AFO; Child 2: articulated ankle AFO), 
which were modeled as passive torque actuators at the ankle and subtalar joints. The actuators 
included stiffness and damping for both directions of motion for each joint, inducing a torque to 
resist motion away from the neutral position of the device (Eq. 4.1),  𝜏𝐴𝐹𝑂 = 𝑘 ∗ (θeq. − 𝜃) − 𝑑 ∗ ?̇? 
(4.1) 𝑘 =  {𝑘1 𝜃 ≥ θe𝑞.𝑘2 𝜃 < θe𝑞. 
where 𝜏𝐴𝐹𝑂 is the passive joint torque, 𝜃 is the joint angle (ankle and subtalar, dorsiflexion and 
inversion are defined as positive), ?̇? is the joint angular velocity, 𝑘1 is a torsional stiffness factor 
applied when the joint angle is above the equilibrium angle (stiffness in dorsiflexion or 
inversion), 𝑘2 is a torsional stiffness factor applied when the joint angle is below the equilibrium 
angle (stiffness in plantarflexion or eversion), 𝑑 is the damping coefficient, and 𝜃𝑒𝑞. is the 
equilibrium angle of the actuator.  
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Directional stiffness terms were defined by the range of joint angles where the actuator 
would provide a resistive torque (Figure 4.1). For example, the dorsiflexion stiffness is applied 
when the ankle is in dorsiflexion and provides a plantarflexion torque. The passive plantarflexion 
torque characterized by dorsiflexion stiffness that resists motion of the joint away from the 
neutral position.  
 
Figure 4.1 AFO model generated within the generic musculoskeletal model used for each child 
within the simulation framework. AFO torque development for motion at the ankle is shown for 
both plantarflexion torque (left) and dorsiflexion torque (right). Unidirectional stiffness terms, 
dependent on the ankle position are shown as dorsiflexion stiffness (left) and plantarflexion 
stiffness (right). 
 
4.3.2 Experimental Gait Analysis Session and Baseline Walking Simulation Development 
Kinematic and kinetic data from two walking trials were collected for each child to drive 
deterministic simulation development. Kinematic markers were placed bilaterally on the anterior 
superior iliac spine, posterior superior iliac spine, thigh, lateral femoral condyle, shank, lateral 
malleolus, heel and toe and marker trajectories were captured with an 8-camera motion capture 
system operating at 120Hz (Vicon Motion Systems, Oxford, UK). Ground reaction forces 
(GRFs) were collected from four in-ground force plates at 960 Hz (AMTI Inc., Watertown, MA). 
A least-squares optimization algorithm (Lu and O’Connor, 1999) in Visual3D (C-Motion Inc., 
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Germantown, MD) was used to determine the inverse kinematics solution that minimized the 
error between experimental marker and model positions, subject to kinematic constraints. A 
residual reduction algorithm in OpenSim 3.2 was used to improve the dynamic consistency 
between the GRFs and the inverse kinematics solution through small adjustments to the walking 
kinematics, torso COM location, and total model mass. In addition, the trunk-pelvis angles were 
estimated to minimize residual forces and moments. A Computed Muscle Control Algorithm was 
then used to estimate muscle forces that reproduced the inverse kinematics solution (Thelen and 
Anderson, 2006). 
4.3.3 Monte Carlo Simulations 
Once the four baseline simulations (i.e., two walking cycles for each of the two children) 
were generated, 1000-trial Monte Carlo simulations were conducted for each walking cycle (i.e., 
4000 simulations total) using Nesssus version 9.7.3 (www.swri.org). AFO mechanical properties, 
including stiffness, damping and equilibrium angle, at both the ankle and subtalar joints, were 
varied within the Monte Carlo analysis. Input distributions for AFO stiffness, damping, and 
equilibrium angle for the ankle and subtalar joints were estimated from the literature (Table 4.1, 
Bregman et al., 2009a; Daan J.J. Bregman et al., 2010; Condie and Meadows, 1977a; Crabtree 
and Higginson, 2009a; Klasson et al., 1998a; Kobayashi et al., 2010a; Major et al., 2004a; 
Sumiya et al., 1996b, 1996a, Yamamoto et al., 1993c, 1993a). Stiffness and damping were 
modeled as log-normal distributions and the equilibrium angle was modeled as a normal 
distribution (Figure C.4 – C.6). Random values sampled from the above input parameter 
distributions were used for each trial within the Monte Carlo analysis to define the AFO model 
torque profile for the ankle and subtalar joint (Eq. 4.1). Changes within the external torque 
profile at the ankle and subtalar joint altered the general musculoskeletal simulation thereby 
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altering simulation estimates of lower limb muscle force over the simulated gait cycle. Average 
muscle forces over stance from the musculoskeletal simulations were then quantified for the 
major muscle contributors to gait and grouped for interpretation (Table 4.2). Evaluation of the 
stance phase of gait was chosen because this phase showed larger variance for the lower limb 
muscle force estimates, compared to the swing phase of gait. Average muscle forces over stance 
were the Monte Carlo simulation outcomes of interest, recording the full range of possible force 
values observable based on the uncertainty within the AFO mechanical properties (Figure 4.2). 
As the measured kinematics for each walking cycle were prescribed within the study, changes in 
muscle force resulting from the Monte Carlo simulations were directly related to changes in AFO 
mechanical properties.  
 
Table 4.1 Input distributions for all AFO model parameters were derived from the literature. 
Each input distribution is defined by the distribution type, mean and standard deviation. 
Parameters were separated for the ankle and subtalar joint, and applied bilaterally to both limbs 
within the simulation. 
Parameter Mean Standard Deviation Distribution Type 
Ankle Dorsiflexion Stiffness 0.536 Nm/deg 0.309 Nm/deg Log-normal 
Ankle Plantarflexion Stiffness 1.370 Nm/deg 1.130 Nm/deg Log-normal 
Ankle Equilibrium Angle 0.680 deg 5.00 deg Normal 
Ankle Damping 0.025 Nm/deg/s 0.01 Nm/deg/s Log-normal 
Subtalar Inversion Stiffness 1.00 Nm/deg 0.50 Nm/deg Log-normal 
Subtalar Eversion Stiffness 1.00 Nm/deg 0.50 Nm/deg Log-normal 
Subtalar Equilibrium Angle 0.00 deg 1.00 deg Normal 




The overall influence of AFO mechanical property uncertainty was evaluated by 
calculating the coefficient of variation for each muscle force estimate (Eq. 4.2) across the Monte 
Carlo trials from each walking simulation,  𝐶𝑂𝑉 = 𝑠𝑥?̅?  (4.2) 
where 𝐶𝑂𝑉 is the coefficient of variation for a dataset 𝑋, 𝑠𝑥 is the sample standard deviation for 
the dataset 𝑋, and ?̅? is the sample mean for the dataset 𝑋. The average coefficient of variation 
was calculated by averaging the coefficient of variation metrics for both legs, both trials, and 
both subjects to determine a single metric to describe the response of each lower limb muscle 
group.   
The influence of each input parameter on the change in average muscle force for each 
muscle group was assessed using probabilistic sensitivity factors computed as part of the Monte 
Carlo analysis. A probabilistic sensitivity factor indicates how the probability of the outcome 
metric changes as a function of each independent parameter (Eq. 4.3, Easley et al., 2007), 
𝑆𝜇 = 𝛿𝑝𝛿𝜇𝑖  𝜎𝑖𝑝  (4.3) 
where 𝑆𝜇 is the sensitivity factor for the mean of the outcome metric, 𝑝 is the probability of the 
outcome metric, and 𝜇𝑖 and 𝜎𝑖 are the mean value and standard deviation of independent 
parameter i. 𝑆𝜇 is dimensionless as shown to remove the influence of units and allow meaningful 
comparison of sensitivities for all input variables. Positive sensitivity factors indicate a shift 
upward (or to the left) in the outcome cumulative distribution function, indicating a negative 
correlation between the input parameter of interest and outcome metric. Similarly, negative 
sensitivity factors indicate a shift downward (or to the right) in the outcome cumulative 
distribution function, indicating a positive correlation between the input parameter and outcome 
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metric. Sensitivity factors were averaged over the response of the outcome metric, as well as 
across Monte Carlo simulations and bilaterally, to define a single average sensitivity factor 
describing the average influence of each input parameter on lower limb muscle force estimates.  
 
Table 4.2 Muscles defined within the musculoskeletal model were grouped for interpretation 
based on anatomical, and functional similarities. Muscle group abbreviations for each group are 
shown. The muscles selected for analysis are listed. 
Muscle Group Muscle Group 
Abbreviation 




Adductor Magnus AM Adductor Magnus (Superior, Middle, and Inferior Comp) 














Biceps Femoris Short Head 




Flexor Digitorum Longus 
Tibialis Anterior TA 
Tibialis Anterior 





Figure 4.2 Methodological diagram for the generation of each Monte Carlo simulation. Eight 
input parameters including ankle/subtalar joint unidirectional stiffness, damping, and equilibrium 
angle, defined as random variables, were described by pre-determined distributions (A). Values 
generated from these distributions were used as inputs into the ankle-foot orthosis model to 
generate an equation for the external torque applied at the ankle and subtalar joints (B). The AFO 
torque model, perturbed by the random inputs, was applied within a standard musculoskeletal 
walking simulation for a single gait cycle (C). Muscle force estimates for the simulated gait cycle 
were recorded, and the average muscle force during stance was calculated (D). This process was 
repeated 1000 times to generate a distribution of possible muscle force values (E and F). The 
cumulative distribution function for each lower limb muscle was used to calculate the muscles’ 
coefficient of variation and probabilistic sensitivity factors (F). 
 
4.4 Results 
Changes in muscle force and related sensitivity factors were similar across both children 
and walking trials. Uncertainty in AFO mechanical properties had the largest effect on the ankle 
muscles (Figure 4.3); however, uncertainty was introduced into every muscle group in the 
musculoskeletal model. The sensitivity of muscle force estimates was most affected by ankle and 
subtalar stiffness parameters, followed by ankle equilibrium angle, with the least influence 
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coming from the subtalar equilibrium angle and both damping parameters (Figure 4.4). Stiffness 
at the ankle and subtalar joints as well as ankle equilibrium angle were, therefore, the 




Figure 4.3 Average coefficient of variation for muscle force estimates developed from the Monte 
Carlo simulations. The coefficient of variation was averaged across both legs, both trials, and 
both subjects, generated by individual Monte Carlo simulations. 
 
 
Figure 4.4 Average (absolute value) sensitivity factor for AFO model input parameters across all 
muscles for each walking trial. High sensitivity factors indicate greater influence on output 
metrics for an individual input parameter. Average sensitivity factors were averaged across the 
range of possible output values for each muscle force estimate, across both legs within each 




Ankle dorsiflexion (AD) stiffness was the most influential input parameter within the 
AFO model, affecting many muscle force estimates (Figure 4.5A). Specifically, large positive 
sensitivity factors were found for output muscle force estimates for the ankle plantarflexors 
(GAS and SOL) and knee extensors (VAS and RF for child 2 only). These positive sensitivity 
values indicate that greater AD stiffness values lead to smaller values of muscle force for SOL, 
VAS, RF, and GAS. Large negative sensitivity values were also found for the lower limb flexor 
muscle force estimates including TA, BFSH, and IL, indicating a positive correlation between 
AD stiffness and average muscle force for lower limb flexors. Ankle plantarflexion stiffness had 
a small influence on the muscle force estimates because the ankles remained dorsiflexed during 
walking for both children.   
Subtalar inversion (SI) stiffness in the AFO also influenced muscle force estimates, 
particularly in the ankle (Figure 4.5B). Negative sensitivity values for the ankle muscles (SOL, 
TA and GAS) indicated that increases in SI stiffness resulted in larger muscle forces. Subtalar 
eversion (SE) stiffness mainly influenced SOL muscle forces (Figure 4.5C). However, SE 
stiffness only affected muscle force estimates for Child 1, as this child walked with some 
eversion during stance on one leg. SE stiffness did not affect the other leg or muscle force 
estimates for Child 2 because measured kinematics for these limbs were in inversion during 
walking. Analysis of Child 1 indicated large positive sensitivity factors found for SOL muscle 









Figure 4.5 Ankle dorsiflexion stiffness sensitivity factors for simulation muscle force estimates. 
A summary of the response of each muscle, for each child and trial, are shown. Sensitivity 
factors are averaged across both legs for each trial. The sensitivity value for 5% of the outcome 
distribution (left arrow), 50% of the outcome distribution (median, square), and 95% of the 
outcome distribution (right arrow) are indicated. 
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In addition to stiffness parameters, ankle equilibrium (AEQ) angle also influenced 
estimates of muscle forces within the analysis (Figure 4.5D). Again, the ankle musculature was 
most affected by changes in AEQ angle with more dorsiflexed AEQ angles producing larger 
values of GAS and SOL, evidenced by negative sensitivity factors. Ankle and knee flexors (TA 
and BFSH) were also influenced by AEQ angle, with more dorsiflexed AEQ angles producing 
smaller values of TA and BFSH muscle force.  
4.5 Discussion 
The purpose of this study was to evaluate the sensitivity of muscle force estimates to the 
mechanical property assumptions of AFOs in walking simulations of children with CP. We 
analyzed the walking gait cycles for two children with CP while they were wearing their own 
prescribed AFOs. We generated 1000 simulations for each walking cycle, resulting in 4000 
simulations. This study presents evidence to quantify the effects of AFO property assumptions 
on uncertainty in simulation estimates of muscle forces for children with CP. We are unaware of 
prior work evaluating the effects of estimating AFO parameters within a musculoskeletal 
simulation. This work provides clear constraints on the use of AFO models in combination with 
musculoskeletal simulation within a clinical setting.  
Generally, the Monte Carlo simulation results were consistent between walking trials for 
the same child and between children. Small variations in walking kinematics observed from the 
trial to trial variability for each participant had little influence on the results of the Monte Carlo 
analysis, while variations in kinematics between participants did result in some differences 
within the Monte Carlo analysis. Despite these changes, the general interpretation of the 
sensitivity factors for each input parameter were consistent across trials and children. We 
therefore contend that using a musculoskeletal model with estimated AFO parameters can 
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produce reasonable results for relative changes in muscle force magnitudes over the stance phase 
between walking trials for the same participant.  
As accurate measurement of the mechanical properties of individual children’s AFOs 
may not always be feasible within a clinical setting, we have provided guidelines for use of 
musculoskeletal modeling for children with CP walking in AFOs when there is uncertainty in 
these metrics. Uncertainty in AFO mechanical parameters introduced uncertainty into all 
estimates of muscle force within our model, with the ankle muscles being most sensitive. The 
effects of ankle and subtalar stiffness on force estimates of more proximal muscle forces can be 
explained by the dynamic coupling inherent in the musculoskeletal system. Therefore, 
consideration for the AFO must be made when building a musculoskeletal model regardless of 
the muscles of interest being evaluated in a simulation. All of the input parameters included 
within the AFO model introduced some variability, with the ankle dorsiflexion stiffness and 
subtalar inversion stiffness parameters having the largest influence on the muscle force 
estimates. Therefore, ankle and subtalar stiffness measurements should be prioritized when 
characterizing mechanical properties of the AFO. When stiffness measurements are not feasible, 
muscle force estimates should be interpreted in light of their sensitivity to AFO mechanical 
properties. The ankle muscle force estimates in particular should be evaluated with an 
understanding of the limitations, given that these muscles had the greatest sensitivity to AFO 
mechanical parameters.  
The estimates of muscle force for GAS, SOL and TA were influenced by uncertainty of 
the stiffness at the ankle, and subtalar joints as well as the equilibrium angle at the ankle. 
Inaccurate representations of the AD stiffness may result in altered muscle force estimates, 
where overestimating AD stiffness will result in artificially low estimates of muscle force from 
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the GAS and SOL, and artificially high estimates of muscle force from the TA. AD stiffness 
provides a plantarflexion torque, and thus higher stiffness values reduce the need for the ankle 
plantarflexors to generate force in the simulation framework given the measured walking 
kinematics. Similarly, greater forces from TA may be required to resist the AFO plantarflexion 
torque to track the measured ankle dorsiflexion kinematics.  
Estimates of ankle muscle forces were also influenced by uncertainty in SI stiffness. 
Overestimating SI stiffness within the musculoskeletal model will result in artificially high 
estimates of the ankle muscles including GAS, SOL, and TA. All three major ankle muscles 
(TA, GAS and SOL) have an inversion moment arm about the subtalar joint when the ankle is in 
a neutral or dorsiflexed position, and when the subtalar joint is inverted less than approximately 
20 degrees (as observed in these children). As SI stiffness produces an eversion torque, it follows 
that increased muscle force is required to produce the required inversion torque to track the 
subtalar kinematics in inversion. We had limited ability to measure the response of our 
simulations to SE stiffness because only Child 1 had subtalar eversion in one leg during stance. 
However, for this child SOL forces were substantially influenced by estimates of SE stiffness. 
Overestimating SE stiffness will result in artificially low estimates of SOL within the 
musculoskeletal simulation. The ankle muscles (especially SOL at small ankle dorsiflexion 
angles) have large inversion moment arms about the subtalar joint when the subtalar joint is 
everted and the ankle is in a neutral or dorsiflexed position. With increasing SE stiffness, the 
AFO generates a larger inversion torque, augmented by the inversion torque produced by the 
ankle muscles. To reproduce the measured eversion kinematics, decreased muscle force from the 
ankle muscles are required.  
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Finally, the ankle muscles were influenced by estimates of the ankle equilibrium angle. 
Overestimating the equilibrium angle, meaning using an equilibrium angle within the model that 
is too dorsiflexed, will lead to increased muscle force values of SOL and GAS and decreased 
muscle force values for TA. Changes in the equilibrium angle of the ankle joint affect the onset 
point of the AFO ankle stiffness, and AFO joint torque applied for an absolute value of ankle 
flexion. For example, an equilibrium angle becoming more dorsiflexed will reduce the 
plantarflexion torque applied at the ankle for a given value of ankle dorsiflexion (for angles 
above the equilibrium angle). This follows that the plantarflexion muscle force will increase with 
increasing equilibrium angle, and dorsiflexion muscle force will decrease.  
Other muscles with substantial variability introduced from uncertainty in the AFO model 
parameters, with high sensitivity to specific estimates within the AFO model included the knee 
extensors (VAS and RF), knee flexors (BFSH), and hip flexors (IL). These muscles were 
primarily influenced by AD stiffness uncertainty. Overestimates in AD stiffness led to decreased 
muscle force estimates of VAS and RF, and increased muscle force estimates for the knee and 
hip flexors (BFSH and IL). Similar results were found for increased knee extension moments 
during stance for children with CP walking with higher AD stiffness (Middleton et al., 1988). 
The results of this simulation were directly influenced by the observed kinematics for the 
two participants within this study. The simulations generated were descriptive in nature, 
implying that changes in AFO mechanical properties did not influence the overall kinematics and 
kinetics of simulated gait. This approach afforded us the ability to evaluate the influence of 
mechanical property uncertainty in the model on muscle force estimates without adding 
complexity with changing kinematics. However, when a child is given an AFO with different 
mechanical properties, their overall kinematics will undoubtedly change. We therefore do not 
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make claims about the prescription of AFO properties with our results, but rather are 
investigating the effects of AFO mechanical property assumptions on our estimates of simulated 
muscle force produced during walking. Further, many of our simulation metrics will not be 
sensitive to AFO mechanical properties such as musculotendon lengths during walking with the 
prescribed kinematics. As described above, the walking trials selected for this study had limited 
measures of motion with the subtalar joint in eversion, and ankle joint in plantarflexion. We 
therefore could not make conclusions regarding ankle plantarflexion stiffness, and could only 
make limited conclusions about subtalar eversion stiffness. In addition, due to this limitation in 
the range of kinematics observed within this study, our results apply to children walking with a 
flexed posture during gait. As many children are prescribed AFO’s to improve walking ability 
because they have too much ankle and/or knee flexion during stance, the application of these 
results to children walking in a flexed posture is robust for a large portion of, but not all, children 
with CP wearing AFOs (Chambers, 2001). Also, distributions defined for each of the input 
parameters were derived from the literature. As few studies to date have evaluated the stiffness 
or damping of the subtalar joint within an AFO, the distributions for these parameters were 
extrapolated from an understanding of the ankle stiffness and damping distributions. As the 
distributions within this study were large, encompassing a broad range of previously observed 
mechanical characteristics, the influence of these parameters on our muscle force estimates was 
conservative in this study. Importantly, we must also consider the influence of the variance of 
each input parameter on the resulting simulation effects. By the nature of Monte Carlo 
simulations, input parameters defined with larger input variance will typically lead to larger 
sensitivity values in the results. As we were unable to control for standardizing variance across 
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different input parameters within this study, we took great care to define parameters from 
literature, and acknowledge this as a possible limitation to the sensitivity results.  
In addition to the limitations of the Monte Carlo analysis, there are current limitations to 
the musculoskeletal model and simulation techniques presented within this analysis. For 
example, we used a generic, adult musculoskeletal model with Hill-type musculotendon 
properties that was scaled to the mass and size of the children in the analysis. Children with CP 
have altered muscle properties, including muscle weakness, spasticity, and contracture 
(Chambers, 2001; Gage, 1990), which are not accounted for in the muscle model. In addition, we 
generated our simulations by minimizing the cost function of the sum of muscle excitations 
squared. While this cost function has been used pervasively in the modeling and simulation 
literature, it may not capture the true cost function for walking for children with CP (Kamp et al., 
2014). However, the muscle moment arms applied within this study provide the largest influence 
in whether the muscles produce positive or negative joint level torques. As muscle moment arms 
are robust to limitations of musculotendon properties, and muscle recruitment strategies, we 
expect the same trends in muscle force changes at a muscle group level despite these model 
limitations. In addition, our analysis was focused on the stance phase of gait for a particular 
population. This analysis has the potential to be expanded to quantify the influence of AFO 
parameter estimates on the swing phase of gait and for other populations who often use assistive 
devices such as individuals post-stroke in future work.  
Musculoskeletal modeling and simulation is increasingly being used as a tool to 
understand abnormal gait patterns and direct surgical treatment. As populations with impairment 
often use assistive devices to improve their mobility, the ability to incorporate these devices 
within musculoskeletal simulations with robust measures of the effects of these device models 
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would substantially expand the population of individuals that may benefit from musculoskeletal 
simulation methods. Musculoskeletal simulation also has great potential to evaluate AFO 
performance and potential prescriptions (Crabtree and Higginson, 2009). Thus, understanding of 
the effects of AFO mechanical property assumptions on musculoskeletal modeling outputs is 
needed. The results of this sensitivity analysis provide important information for researchers 
looking to include individuals with AFOs within their simulation studies.  
4.6 Conclusion 
In summary, this study quantified the uncertainty introduced into average simulated 
muscle force during stance from assumptions on AFO mechanical properties. All lower limb 
muscles within the analysis were affected by the assumptions on AFO parameters, with the ankle 
muscles being most sensitive. Lower limb muscle estimates were most sensitive to stiffness 
parameters at the ankle and subtalar joint in the AFO model. When accurate measurements of 
stiffness and equilibrium parameters for an individual's AFO is not feasible, critical evaluation is 
necessary for estimates of the magnitude of ankle muscle forces, and to a lesser extent, proximal 
lower limb muscles. Finally, muscle force estimation results for average muscle force over 
stance are robust to small changes in lower limb kinematics. These results provide a platform to 
incorporate musculoskeletal simulation for children walking in AFOs, providing constraints on 
the estimates of muscle force during stance.  
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5.1 Abstract 
Cerebral palsy (CP) is a chronic neurological disorder that results in life-long mobility 
impairments. Musculoskeletal models used to investigate mobility deficits for children with CP 
often lack subject-specific characteristics such as altered muscle strength, despite a high 
prevalence of muscle weakness in this population. We hypothesized that incorporating subject-
specific strength scaling within musculoskeletal models of children with CP would improve 
accuracy of muscle excitation predictions in walking simulations. Ten children (13.5 ± 3.3 years; 
GMFCS level II) with spastic CP participated in a gait analysis session where lower limb 
kinematics, ground reaction forces, and bilateral electromyography (EMG) of five lower limb 
muscles were collected. Isometric strength was measured for each child using handheld 
dynamometry. Three musculoskeletal models were generated for each child including a ‘Default’ 
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model with the generic musculoskeletal model’s muscle strength, a ‘Uniform’ model with 
muscle strength scaled based on allometry, and a ‘Custom’ model with muscle strength scaled 
based on handheld dynamometry strength measures. Muscle-driven gait simulations were 
generated using each model for each child. Simulation accuracy was evaluated by comparing 
predicted muscle excitations and measured EMG signals, both in the duration of muscle activity 
and the root-mean-square difference (RMSD) between signals. Improved agreement with EMG 
were found in both the ‘Custom’ and ‘Uniform’ models compared to the ‘Default’ model 
indicated by improvement in RMSD summed across all muscles, as well as RMSD and duration 
of activity for individual muscles. Therefore incorporating strength scaling into musculoskeletal 
models can improve the accuracy of walking simulations for children with CP.  
5.2 Introduction  
Children with cerebral palsy (CP), a chronic neuromuscular disorder, often have reduced 
muscle strength and volume compared to their typically developing peers (Dallmeijer et al., 
2017; Eek et al., 2011; Elder et al., 2003; Oberhofer et al., 2010). These strength deficits are 
often associated with altered posture and movement strategies, and are compounded by common 
treatments for underlying spasticity, contracture and short muscle-tendon units (Zhou et al., 
2017). Changes in lower limb muscle volume are also highly variable between muscle groups 
and across children with CP (Handsfield et al., 2016).  
Musculoskeletal simulations have been used to investigate neuromuscular function in 
able-bodied individuals (e.g. Liu et al., 2006; Neptune et al., 2001), as well as those with CP 
(e.g., Fox et al., 2009; Hegarty et al., 2016; Steele et al., 2013). However, developing 
musculoskeletal models that are representative of CP is challenging, and thus clinical translation 
of these models can also be limited. Generic musculoskeletal models, based on detailed 
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cadaveric studies of a small set of healthy adults (e.g., Friederich and Brand, 1990; Klein 
Horsman et al., 2007; Wickiewicz et al., 1983), are typically scaled and applied for studies 
measuring able-bodied and pathological populations without consideration of altered 
musculotendon properties. Closing the gap between generic and subject-specific musculoskeletal 
models has the potential for improving simulation accuracy and clinical translation.  
Previous studies have shown the importance of incorporating subject-specific 
musculotendon parameters on the accuracy of musculoskeletal simulation predictions of joint 
contact forces (Serrancolí et al., 2016) and muscle activation patterns (Knarr et al., 2014). 
Subject-specific estimates of maximum isometric force, optimal fiber length, or tendon slack 
length incorporated into musculoskeletal models using magnetic resonance imaging have 
improved simulation quality (Bolsterlee et al., 2015; Modenese et al., 2018). However, detailed 
imaging to estimate subject-specific muscle properties is not always feasible. Previous work has 
characterized changes in muscle strength, quantified by maximum isometric muscle force, using 
allometric scaling relationships for healthy populations (e.g. Correa and Pandy, 2011; Folland et 
al., 2008; Handsfield et al., 2014). Subject-specific estimates of maximum isometric muscle 
force have also been quantified using strength assessments like isometric dynamometry or burst 
superposition, improving simulation accuracy for individuals with instrumented implants and 
individuals post-stroke (Knarr et al., 2014; Knarr and Higginson, 2015).  
Muscle strength scaling clearly has the capacity to improve the accuracy of 
musculoskeletal simulation for both healthy and impaired populations. As individuals with CP 
often incur a widespread and variable muscle weakness, effective and practical subject-specific 
scaling techniques that improve the accuracy of musculoskeletal simulations are important to 
develop. The purpose of this study was to evaluate the effects of introducing (1) allometric 
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strength scaling, consistent with typically developing child strength, and (2) joint level strength 
scaling, based on clinically measured joint strength, on the accuracy of predicted muscle 
excitations in gait simulations of children with CP. We hypothesized that joint level, 
measurement-driven strength scaling would improve the agreement of simulated muscle 
excitations with measured electromyography (EMG) in all measured lower limb muscles 
compared to typically developing strength scaling and to no strength scaling. 
5.3 Methods 
5.3.1 Experimental Data Collection 
Ten children with spastic CP (6 diplegic, 4 hemipelegic, age: 13.5±3.3 yrs., mass: 
46.4±16.3 kg, height: 1.52±0.17 m, Gross Motor Function Classification System level II) 
participated in the experimental protocol approved by the University’s Committee for the 
Protection of Human Subjects. All children walked barefoot and independently with no assistive 
devices during the gait analysis session. No child had undergone tendon transfer surgeries or 
undergone surgery or botulinum toxin-A injections within the six months prior to participating. 
A licensed physical therapist with over 40 years of experience in musculoskeletal examinations 
of children with CP aided in the selection of the participants in this study (WS). Children with 
moderate or severe fixed contractures or spasticity identified during the physical exam were 
excluded from participation. Spasticity exclusion metrics included excessive resistance the 
joint’s passive movement, a positive Duncan-Ely and/or clonus. Participants with tibial torsion 
more than 30° deviated from normal or patella alta were also excluded from participation. All 
participants could selectively isolate movement in each lower limb joint for strength 
measurements. All participants’ legal guardians provided written consent and all children gave 
their assent to participate.  
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Isometric strength was tested for hip flexion/extension, hip abduction, knee 
flexion/extension, and ankle plantarflexion/dorsiflexion. Tests were performed bilaterally in 
neutral gravity positions (Kurz et al., 2011a; Table 5.1) and the children exerted their maximum 
force against static resistance while output force was measured by a handheld dynamometer 
(Hoggan Health Industries, West Jordan, UT), which provides reliable measures of lower 
extremity muscular strength in children with CP (Crompton et al., 2007). All isometric strength 
tests were performed by the same licensed physical therapist (WS). Each child’s more affected 
lower limb was defined as the limb with the lower total summed strength, measured by handheld 
dynamometry. In addition to isometric strength tests, three dimensional kinematic marker data 
were collected during self-selected walking using an eight-camera motion capture system (120 
Hz, Vicon Motion Systems, Ltd., Oxford, UK) while ground reaction forces (GRFs) were 
collected from four force plates (960 Hz, AMTI, Inc., Watertown, MA). Sixteen lower body 
markers were used to track lower limb and pelvic kinematics. Kinematic and force data were 
filtered with a second order low-pass bidirectional Butterworth filter with a cutoff frequency of 6 
Hz. Corresponding EMG data were collected for five lower limb muscles bilaterally including 
the gastrocnemius, medial hamstring, rectus femoris, tibialis anterior, and vastus lateralis (1200 
Hz, Delsys, Inc., Natick, MA).   
5.3.2 Musculoskeletal Model 
A generic musculoskeletal model with 14 rigid body segments, 23 degrees of freedom, 
and 92 musculotendon actuators with force-length-velocity properties (Anderson and Pandy, 
2001a, 1999; Delp et al., 1990; Yamaguchi and Zajac, 1989; Zajac, 1989) in OpenSim 3.2 
(simtk.org) represented each child. Passive torsional actuators were applied to each lower limb 
joint to model the effect of passive tissues (Anderson, 1999). The generic musculoskeletal model 
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was scaled in mass and segment size for each participant, but muscle strength was not scaled and 
was representative of a healthy adult (‘Default’ model).  
5.3.3 Strength Scaling 
The first model (‘Default’) implemented the generic, or unscaled, maximum isometric 
force values for each lower limb joint defined based on the generic adult musculoskeletal model. 
The strength of the second model (‘Uniform’) was scaled based on an allometric approximation 
of typically developing muscle strength. The maximum isometric force value for each lower limb 
muscle was scaled by a single uniform scale factor 𝑠𝑢𝑛𝑖𝑓𝑜𝑟𝑚, calculated from the ratio of the 
child’s height (ℎ𝑐ℎ𝑖𝑙𝑑) and mass (𝑚𝑐ℎ𝑖𝑙𝑑) to the generic model’s height (ℎ𝑔𝑒𝑛𝑒𝑟𝑖𝑐) and mass 
(𝑚𝑔𝑒𝑛𝑒𝑟𝑖𝑐) shown in Eq. 5.1 (Handsfield, 2014).  
𝑠𝑢𝑛𝑖𝑓𝑜𝑟𝑚 = ℎ𝑐ℎ𝑖𝑙𝑑 × 𝑚𝑐ℎ𝑖𝑙𝑑ℎ𝑔𝑒𝑛𝑒𝑟𝑖𝑐 × 𝑚𝑔𝑒𝑛𝑒𝑟𝑖𝑐 (5.1) 
 
As many children with CP have non-uniform muscle weakness (Handsfield et al., 2016), joint 
level strength scaling was also used to generate a third scaled model (‘Custom’).  
Within the ‘Custom’ model, maximum isometric force values were adjusted by a custom 
scale factor for muscles within each joint group tested with handheld dynamometry. Custom 
scale values were calculated by replicating the isometric strength tests within a musculoskeletal 
simulation framework (Figure 5.1). The generic musculoskeletal model was constrained to the 
static pose of each isometric strength test, with all model joints locked except the joint of interest 
(e.g., for the hip extension test, sagittal plane rotation of the hip was not constrained, Table 5.1). 
External forces were applied to the musculoskeletal model consistent with the location and 
magnitude of the measured force from the handheld dynamometer. Computed Muscle Control 
(CMC, Thelen et al., 2003) was then used to estimate the muscle forces required to resist motion 
due to the applied force for each strength test. An iterative scaling approach was implemented 
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within MATLAB to ensure at least one muscle within the joint group was maximally activated 
(excitation > 0.95) while the model also maintained the static posture (peak RMS joint angle 
tracking error < 5.5° across all tested strength conditions), without the use of reserve, or non-
physiological, actuators (peak torque < 0.1 Nm) at the joint. The maximum isometric force value 
of all muscles were initially set to the ‘Uniform’ model values. After each iteration of the 
simulated strength test, the excitation of each muscle in the joint group was evaluated against the 
excitation threshold. When no muscle in the test group exceeded the excitation threshold, the 
maximum isometric force value for all muscles in the test group were linearly scaled based on 
the current iteration’s excitation signal, and the test was simulated again. The simulated test was 
repeated until the criteria were met. All muscles crossing the joint of interest with the capacity to 
generate joint torque in the direction of interest were included in the muscle group to be scaled 
(Table 5.1). Scale factors for each joint strength test were generated independently, and applied 
to the ‘Custom’ scaled model after all joint strength tests were completed. Muscles included in 
more than one joint strength test were adjusted by the average scale factor for all relevant 
strength tests. Muscles un-tested by the clinical strength tests remained at the strength of the 
‘Uniform’ model.  
5.3.4 Gait Simulations 
Kinematics and GRFs collected during the gait analysis session were used to generate 
three walking trials for each child. Data were post processed in Visual3D (C-motion, 
Germantown, MD) and an inverse kinematics (IK) model, with the same degrees of freedom as 
the OpenSim musculoskeletal model, was used within a least-squares optimization to develop an 
IK solution for each walking trial (Lu and O’Connor, 1999). The IK solution as well as the GRFs 
for each trial were then input into OpenSim’s residual reduction algorithm (RRA, Delp et al., 
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2007) to improve dynamic consistency and estimate trunk-pelvis kinematics for each walking 
trial. The three different musculoskeletal models resulting from the different scaling conditions 
(‘Default’, ‘Uniform’ and ‘Custom’) were then used to generate muscle-driven gait simulations 
for each walking trial using CMC, resulting in nine simulations for each child. 
 
 
Figure 5.1 Workflow of the subject-specific strength scaling method used to adjust muscle 
strength in the ‘Custom’ model. The generic musculoskeletal model (MSM) is scaled using an 
iterative approach as shown. The initial maximum isometric force value (Fmaxinitial) for each muscle 
is set to the ‘Uniform’ model values. The clinical strength test is simulated using computed 
muscle control (CMC). Results of the simulated strength test are evaluated and maximum 
isometric force estimates (Fmaxnext itr) of the tested joint group are updated based on excitation from 
both the most activated muscle (eitr), and the reserved joint actuator (eitr). The maximum 
isometric force values for the joint group muscles are based on calculated scale factors 




5.3.5 Data Analysis 
Musculoskeletal simulation accuracy for the three different scaling conditions was 
evaluated by comparing the estimated muscle excitations from the gait simulations to measured 
EMG signals for corresponding muscles. EMG signals for each walking trial were band-pass 
filtered using a second order bidirectional Butterworth filter between 20 Hz-500 Hz, demeaned, 
and rectified. Measured EMG signals and simulated excitation signals were both smoothed with 
a second order low-pass bidirectional Butterworth filter with a cutoff frequency of 2.5 Hz. The 
amplitude of the smoothed EMG signal was normalized to a peak value of 1 for each gait trial to 
allow for effective comparison against the predicted excitation signals from simulation reported 
between values of 0 and 1. Each signal was also time normalized to the gait cycle and the root-
mean-square (RMS) difference (RMSD) between the processed simulated excitation curve and 
the processed electromyographic signal was calculated. RMSD provides a metric to evaluate 
changes in both amplitude and timing of the predicted excitations compared to EMG. RMSD 
between the EMG and simulation signals was computed for each muscle, as well as summed 
across all muscles for a single model performance metric. RMSD metrics were averaged across 
the three walking trials for each child. In addition, differences in the timing between the EMG 
and predicted excitation signals were evaluated by comparing the total duration of muscle 
activity for each gait cycle. Duration of muscle activity was defined as the total percent of the 
gait cycle when the EMG or predicted excitation signal exceeded 20% of the peak signal value 




Table 5.1 Lower limb isometric strength test poses used for the ‘Custom’ model. Muscles within 
the musculoskeletal model scaled during each simulated strength test are indicated. Each muscle 
included in a clinical strength test scale group is shown. The muscle that met the maximum 
excitation criteria during the simulated strength test is indicated (**). Muscles compared to 
measured EMG signal are also indicated (E1-E5).  
Clinical Isometric 
Strength Test 
Clinical Exam Pose Muscles Scaled 
Hip Flexion Supine position 
Hip, knee, and ankle at 90° 
flexion bilaterally 
gluteus medius (anterior compartment) 
gluteus minimus (anterior compartment) 
iliacus 
psoas 
rectus femoris**, E4 
sartorius 
tensor fasciae latae 
Hip Extension Supine position 
Hip, knee, and ankle at 90° 
flexion bilaterally 
adductor longus 
adductor magnus (anterior, middle, and posterior 
compartments) 
biceps femoris long head 
gluteus maximus (superior, middle, and inferior 
compartments) 
gluteus medius (posterior compartment) 
gluteus minimus (posterior compartment) 
semimembranosus**, E3 
semitendinosusE3 
Hip Abduction Supine position 
Hip and knee at 0° flexion, 
ankle at 90° flexion 
bilaterally 
gluteus maximus (superior compartment) 
gluteus medius (anterior**, middle, and posterior 
compartments) 




tensor fasciae latae 
Knee Flexion Sitting position 
Hip, knee, and ankle at 90° 
flexion bilaterally 
biceps femoris long head 
biceps femoris short head** 





Knee Extension Sitting position 
Hip, knee, and ankle at 90° 
flexion bilaterally 
rectus femorisE4 
vastus medialis,  
vastus intermedius 
vastus lateralis**, E5 
Ankle Dorsiflexion Supine position 
Hip and knee at 0° flexion, 
ankle at 90° flexion 
bilaterally 
extensor digitorum longus 
extensor hallucis longus 
peroneus tertius 




Hip and knee at 0° flexion, 
ankle at 90° flexion 
bilaterally 
flexor digitorum longus 
flexor halluces longus 







Across the three different scaling conditions, RMSD and difference in duration of muscle 
activity was compared for each muscle as well as for the total summed difference across all 
muscles (RMSD only). The RMSD and duration of muscle activity difference for each muscle 
excitation was compared using a linear mixed effects model, with two fixed effects factors 
(Scaling Condition × Limb) and a random intercept and slope (Limb) effect generated for each 
participant, constraining the model to a repeated measures design. Similarly, the total summed 
RMSD was compared using a repeated measures linear mixed effects model, with one fixed 
effects factor (Scaling Condition). The influence of each factor within the model was compared 
using an ANOVA F-test (α=0.05). When significant main effects or interactions were found, post 
hoc pairwise comparisons with Tukey multiple comparison adjustments were completed 
(α=0.05).  
5.4 Results 
Simulation quality was high for all walking simulations with RMS pelvis residual forces 
and moments of 1.4±0.6% BW, 1.6±0.6% BW-m, and RMS kinematic errors of 1.38±1.30° 
across all lower limb joints, and 2.0±1.1 cm averaged across the three translational degrees of 
freedom in the pelvis. Reserve actuators were also low with RMS joint torques 0.64±0.54% BW-
m across all lower limb joints. RMSD and duration of muscle activity was not assessed for the 
more affected rectus femoris for participant 06 and bilateral gastrocnemius for participant 04 due 
to poor EMG signal quality. 
5.4.1 Strength Scale Factors 
The ‘Custom’ strength scaled model had unique strength distributions for each child. The 
muscle for each muscle group that met the convergence criterion was consistent across all 
participants for each strength test (Table 5.1). Five of the participants’ lower limb strength, 
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defined in the ‘Custom’ model was on average, smaller than the ‘Uniform’ model, with the 
largest strength deficits observed at the ankle (Table 5.2). The ‘Uniform’ model was also 
substantially weakened relative to the ‘Default’ model with an average scaled strength factor of 
0.540 ± 0.240. The hip flexors, hip extensors, and knee flexors often resulted in a higher strength 
in the ‘Custom’ model compared to the ‘Uniform’ scaled model, while the knee extensors, ankle 
plantarflexors, and ankle dorsiflexors were all measured with reduced or equal strength to the 
‘Uniform’ model (Table 5.2).  
5.4.2 Curve Comparison – RMSD  
Muscle strength scaling had a significant effect (p=0.006) on the agreement of summed 
RMSD across all muscles between simulated excitation and EMG signals (Figure 5.2). Both the 
‘Custom’ (CUST) model and the ‘Uniform’ model (UNIF) had significantly lower summed 
RMSD compared to the ‘Default’ (DEF) model (CUST-DEF p=0.007, UNIF-DEF p=0.035). 
Muscle strength scaling affected RMSD of predicted muscle excitation for individual 
lower limb muscles (p<0.001). There were no significant limb or interaction effects for the tested 
models. Both the ‘Custom’ and the ‘Uniform’ models’ RMSD to EMG were lower than the 
‘Default’ model for the gastrocnemius (CUST-DEF p<0.001, UNIF-DEF p=0.018), medial 
hamstrings (CUST-DEF p=0.039, UNIF-DEF p<0.001), and vastus lateralis (CUST-DEF 
p<0.001, UNIF-DEF p=0.009, Figure 5.3) muscles. In addition, the ‘Custom’ model RMSD was 




Table 5.2 Strength scaling factors relative to ‘Uniform’ model strength for each study participant 
(P01-P10) and the mean (standard deviation) across participants, computed from simulated 
clinical isometric strength tests. Individuals who were unable to achieve the neutral angle 
required for the testing pose are indicated (NT). Measured strength that exceeded measurement 



















1.000 2.000 1.000 0.435 1.000 1.000† 0.456 
Less 
Affected 




1.000 0.811 0.936 0.791 1.000 1.000† 0.656 
Less 
Affected 




1.000 0.857 0.640 0.456 0.696 0.268 0.934 
Less 
Affected 




0.744 2.000 0.940 0.547 1.000 0.504 0.636 
Less 
Affected 




0.779 1.000 0.711 0.396 1.000 0.157 NT 
Less 
Affected 




2.000 2.000 1.000 1.000 1.772 0.400 0.534 
Less 
Affected 




1.000 2.000 1.000 0.649 1.000 0.171 NT 
Less 
Affected 




1.000 2.000 1.000 0.756 2.000 0.308 NT 
Less 
Affected 




1.000 1.000 0.601 0.462 1.000 NT NT 
Less 
Affected 




3.999 4.542 2.597 0.705 3.277 NT NT 
Less 
Affected 



































Figure 5.2 Summed RMSD across all measured lower limb muscles, compared between 
simulated excitation signals and measured electromyography (EMG). Pairwise comparisons 
between the RMSD for each model including ‘Default’ model (DEF), ‘Uniform’ model (UNIF) 
and ‘Custom’ model (CUST) is shown as an averaged value across participants with Tukey 
adjusted 95% confidence intervals. Each comparison is shown relative to zero, which would 
indicate no difference between model generated RMSD. Values lower than zero indicate lower 
RMS differences to EMG for the first listed model (e.g., the ‘Uniform’ model had lower RMS 
differences to EMG compared to the ‘Default’ model). Significant differences between groups 
are indicated (‘*’, p<0.05, ‘**’, p<0.01).  
 
 
Figure 5.3 RMSD for each lower limb muscle, compared between simulated excitation signal 
and measured electromyography (EMG). Pairwise comparisons between the RMSD for each 
model including ‘Default’ model (DEF), ‘Uniform’ model (UNIF) and ‘Custom’ model (CUST) 
is shown as an averaged value across participants with Tukey adjusted 95% confidence intervals. 
Significant differences between groups are indicated (‘*’, p<0.05, ‘**’, p<0.01, ‘***’, p<0.001).  
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5.4.3 Timing Comparison – Duration of Muscle Activity 
Muscle strength scaling had a significant effect on the agreement in duration of activity 
of simulated excitations with EMG (p<0.004). There were no significant limb or interaction 
effects for the tested models. Both the ‘Custom’ and ‘Uniform’ models’ duration of muscle 
activity difference to EMG were lower than the ‘Default’ model for the gastrocnemius (CUST-
DEF p<0.007, UNIF-DEF p=0.017) and rectus femoris (CUST-DEF p<0.001, UNIF-DEF 
p=0.007, Table 5.3).  
 
Table 5.3 The duration of muscle activity, normalized as a total percent of the gait cycle, is 
shown for each muscle in the analysis. Duration of activity is reported for the measured EMG 
signals. Difference in duration of activity from the predicted excitation signals are also shown for 
the ‘Default’, ‘Uniform’, and ‘Custom’ models. The metrics are reported as the mean +/- 
standard deviation across all study participants. Significant differences between the ‘Default’ 
model response and ‘Uniform’ or ‘Custom’ response are shown (†). 
Muscle EMG Duration of 
Activity 
(% gait cycle) 
‘Default’ model 
Duration of Muscle 
Activity Difference to 
EMG 
‘Uniform’ model 
Duration of Muscle 
Activity Difference to 
EMG 
‘Custom’ model 
Duration of Muscle 
Activity Difference to 
EMG 
Tibialis Anterior 55.6 ± 14.6 8.4 ± 21.1 8.5 ± 19.7 13.9 ± 18.7 
Gastrocnemius 62.3 ± 12.2 18.4 ± 13.8 10.0 ± 11.5† 8.9 ± 13.0† 
Medial 
Hamstring 
55.6 ± 11.7 27.9 ± 14.7 26.1 ± 15.0 25.6 ± 18.1 
Rectus Femoris 65.7 ± 9.9 18.1 ± 12.5 9.4 ± 14.3† 5.8 ± 13.2† 
Vastus Lateralis 59.7 ± 6.35 36.2 ± 9.07 35.1 ± 10.6 33.3 ± 9.8 
 
5.5 Discussion 
The purpose of this study was to generate and evaluate the use of subject-specific 
strength scaling on the accuracy of simulated muscle excitations for children with CP. Our 
hypotheses were partially supported in that we found the ‘Custom’ model improved overall 
agreement between EMG and predicted excitation when compared to the ‘Default’ model. At an 
individual muscle level, the ‘Custom’ model improved overall amplitude and timing agreement, 
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quantified by RMSD in the gastrocnemius, medial hamstring, and vastus lateralis. Similarly, the 
‘Custom’ model improved timing agreement quantified by the duration of activity of the 
gastrocnemius and rectus femoris. However, we were unable to conclude that the ‘Custom’ 
model provided better agreement to EMG compared to the ‘Uniform’ model, except in overall 
amplitude and timing agreement of the vastus lateralis.  
Subject-specific strength scaling did not improve muscle excitation agreement for all 
subjects in this analysis, or for all lower limb muscle groups measured in this study. Generally, 
the strongest improvements in agreement were found for extensor muscles including the 
gastrocnemius and vastus lateralis. We suspect that the poor agreement in the ankle dorsiflexors 
may have stemmed from limited ability to measure active muscle strength in this muscle group 
using handheld dynamometry. Several children in this analysis (5/10) were unable to complete 
the dorsiflexion strength assessment, because they were unable to maintain the required gravity 
neutral joint position. The agreement in duration of muscle activity for the rectus femoris was 
significantly improved for both the ‘Uniform’ and ‘Custom’ scaled models; however, this 
improvement was not reflected in RMSD. Although timing agreement improved for this muscle, 
RMSD was still large for some participants, suggesting potential limitations in the EMG 
measurement or poor model representation of underlying spasticity or contracture. The RMS 
agreement with EMG for the medial hamstrings was significantly improved for the ‘Uniform’ 
and ‘Custom’ scaled models; however, this improvement was not observed in duration of 
activity. Thus, scaling of medial hamstrings strength primarily affected the amplitude of the 
predicted excitation curve without altering timing. As a comparison between the amplitude of the 
EMG signal and predicted excitation can be adjusted based on the normalization factor used to 
90 
 
scale the EMG signal, it is challenging to interpret the significance of results in the medial 
hamstrings.   
Our results suggest that the ‘Custom’ scaling method has the greatest potential to 
improve simulation accuracy for muscle groups with substantial muscle weakness, and for 
individuals with substantial weakness compared to their typically developing peers. The 
inclusion of subject-specific or uniform strength scaling is important for improving gait 
simulations for children with CP, but it does not fully resolve the discrepancy between measured 
and predicted excitation patterns. The source of an individual’s altered neuromuscular control 
strategy and resulting kinematic pattern stems from a variety of interrelated factors, including 
muscle weakness, altered muscle mechanics and altered neuromotor control. Therefore, 
assessing the influence of muscle weakness alone in this population remains challenging. For 
example, simulations generated for one participant in this study successfully predicted early 
onset of the gastrocnemius muscle and extended recruitment of the vastus lateralis throughout 
stance using the ‘Custom’ model (Figure 5.4). However, agreement in this participant’s tibialis 
anterior, medial hamstrings and rectus femoris excitations did not improve with strength scaling 
(Figure 5.4). Although, muscle weakness is not exclusively responsible for altered gait patterns 
or control signals for children with CP, it appears to play a role in these altered signals, and was 
similarly shown to influence estimates of muscle coordination for individuals post-stroke (Knarr 





Figure 5.4 Representative example of musculoskeletal simulation excitation signals for the 
‘Default’ (dashed), ‘Uniform’ (dash-dot-dash), and ‘Custom’ (solid) strength scaled models. 
These signals are compared to measured EMG (solid bold) and averaged between the more and 
less affected limbs for Participant 03. Large strength deficits measured for Participant 03’s ankle 
plantarflexors and knee extensors resulted in predicted early onset of the gastrocnemius during 
stance consistent with measured EMG. RMSD from each lower limb muscle, compared between 
simulated excitation signal and measured EMG is indicated for this participant for the ‘Default’ 
model (DEF), ‘Uniform’ model (UNIF) and ‘Custom’ model (CUST). Onset and duration of the 





This method of introducing subject-specific scaling was addressed within the context of 
assessing only EMG agreement for specific muscles in the musculoskeletal model. We 
acknowledge, however, there are many ways to assess the accuracy of musculoskeletal 
simulations. We chose this assessment as this is commonly used to validate the model of neural 
control to generate predicted muscle activity in muscle-driven simulations (e.g., Hicks et al., 
2015). In addition, accurate excitation predictions are important for many musculoskeletal 
simulation analyses, such as estimates of metabolic cost (e.g., Umberger et al., 2003) and 
estimates of muscle coordination (Knarr et al., 2014). However, EMG provides only one point of 
comparison with our experimental results and are often sensitive to sensor placement, quality of 
skin contact, and are subject to contamination of excitation signals from surrounding 
musculature (Clancy et al., 2002). This limitation was evident in our study as the rectus femoris 
EMG signal from two participants were excluded from our analysis because of these challenges.  
Estimated subject-specific strength measures revealed reduced muscle strength for our 
participants compared to approximated strength of their typically developing peers, consistent 
with previous studies (e.g. Correa and Pandy, 2011; Handsfield et al., 2014). The largest strength 
deficits were observed at the ankle, consistent with previous studies that quantified changes in 
muscle volume for children with CP (Handsfield et al., 2016). Although we found substantial 
strength deficits, not all children or muscle groups had strength deficits compared to the 
‘Uniform’ model. Specifically, the hip flexors, hip extensors, and knee flexors had greater 
strength compared to the ‘Uniform’ model. This variability of strength across lower limb joints 




One of the advantages of the strength scaling method presented here is that it incorporates 
measures that are fast and cost-effective in a clinical or laboratory setting and also easily 
implemented within a modeling and simulation framework. Handheld dynamometry is more 
affordable than comprehensive imaging of muscle volumes, yet still provides important 
information regarding non-uniform muscle weakness. However, imaging of muscle volumes 
provides greater detail and does not depend on muscle recruitment optimization criteria, and thus 
likely has greater accuracy in representing specific individuals when time and resources allow 
for these measurements. We expect that incorporating muscle volumes in a subject-specific 
model would result in greater differences with a uniformly-scaled model compared to our 
‘Custom’ model. In addition, we chose to represent typically developing strength within the 
‘Uniform’ model based on the allometric scaling relationship resented in Handsfield et al (2014), 
because the results of this scaling approach estimated smaller scale factors (i.e., weaker muscles) 
compared to other similar scaling approaches. This conservative approach resulted in smaller 
differences in muscles strength between the ‘Uniform’ and “Custom’ models, and thus likely 
also resulted in smaller differences between the performance of the ‘Uniform’ and ‘Custom’ 
models in this study.  
Altered neurological control, muscle physiology, and skeletal structure in children with 
CP also certainly influence simulation accuracy and are difficult to incorporate into 
musculoskeletal models. Current single joint level models for spasticity and contracture (Van der 
Krogt et al., 2016), modeling approaches to estimate the influence of subject-specific anatomical 
variations (Bosmans et al., 2015; Modenese et al., 2018; Wesseling et al., 2014), and 
characterizing altered neural control strategies (Steele et al., 2015) point to ongoing work to 
improve subject-specific musculoskeletal modeling and provide exciting avenues for advancing 
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musculoskeletal models of children with CP. Within the current study, we did not incorporate 
altered neurological control, muscle physiology or skeletal structure in the model.  However, we 
mitigated these limitations by carefully selecting individuals with CP who reported limited 
selective control deficits, limited or no skeletal abnormalities, spasticity, and contracture. 
Nevertheless, individuals in this study presented with mild spasticity and contracture, which 
likely affects the accuracy of the predicted excitations within our model. A portion of the 
unexplained disagreement between the predicted excitation signals and measured EMG likely 
stems from these modeling limitations. Potential limitations of the reliability of handheld 
dynamometry were addressed by measuring the lower limb isometric strength for each child 
multiple times until they were able to produce consistent strength measurements. In addition, 
children selected for this study were able to selectively isolate each joint for the isometric 
strength tests, improving our confidence that measured strength was representative of isometric 
strength for each joint.  
5.6 Conclusion 
This study presented an efficient and clinically relevant approach to scale subject-specific 
muscle strength to improve muscle-driven simulation accuracy for children with CP. Muscle 
weakness is an important contributing factor to altered muscle coordination in CP, as our 
musculoskeletal simulations were able to reproduce muscle activity patterns for children with CP 
without the inclusion of altered neural control or optimization criteria within our simulation 
framework. Addressing limitations of generic musculoskeletal models applied to children with 
CP has the potential to expand their clinical translation to evaluate movement strategies and 










CONCLUSIONS AND FUTURE WORK 
In this work, dynamic analyses were used to identify walking mechanics in children with 
cerebral palsy (CP). The relationship between joint power and self-selected walking speed for 
children with CP was quantified using a joint power analysis, while the capacity of muscles to 
accelerate the body during gait was evaluated using musculoskeletal modeling techniques. In 
addition, assumptions and limitations of musculoskeletal models for children with CP were 
addressed using a sensitivity analysis and implementation of subject-specific strength scaling 
within musculoskeletal models for CP.  
Children with CP often walk with a hip compensation strategy (Ishihara and Higuchi, 
2014; Olney et al., 1990; Riad et al., 2008); however, the relationship between this strategy and a 
child’s self-selected walking speed has not been established. Despite speculation that this 
compensation is used to improve walking speed (Ishihara and Higuchi, 2014; Olney et al., 1990), 
we found no relationship between this hip compensation and self-selected walking speed for 
children with CP. Children with CP who walked at faster walking speeds walked with both 
higher peak ankle power generation and peak hip power generation. This implies children with 
CP who walk at faster speeds use both ankle and hip musculature. These results suggest that 
targeting both the ankle and hip joint during physical therapy interventions can improve a child’s 
gait performance.  
The capacity of muscles to accelerate the body is primarily driven by the body’s posture 
during a dynamic task such as walking. Children with CP often walk with altered transverse 
plane kinematics that are only partially accounted for by changes in torsional bone deformities 
(Lee et al., 2013; Simon et al., 2015). Tibial torsion, a common bone deformity in children with 
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CP, results in reduced muscle capacity to accelerate the body (Hicks et al., 2007; Schwartz and 
Lakin, 2003); however, there is little understanding regarding the effects of compensatory gait 
strategies adopted by these children on muscle functional roles during gait. Our analysis revealed 
children walking in externally rotated postures had reduced capacity to accelerate the body 
center of mass compared to standard or internally rotated postures and compared to typically 
developing gait. Both changes in skeletal alignment and kinematics contributed to changes in 
muscle capacity to accelerate the body. Therefore, careful consideration must be taken when 
clinically addressing tibial torsion, by concurrently considering and treating the skeletal deficits 
and compensatory gait postures adopted by children with CP.  
Musculoskeletal modeling and simulation are powerful tools to evaluate muscle 
coordination and function during dynamic activity. Approximately 50% of children with CP 
walk with the aid of passive orthoses, most commonly ankle-foot orthoses (Knutson and Clark, 
1991). Despite the high prevalence of orthoses in this population, the muscle function of children 
with CP walking in orthoses is limited by the necessity of measuring the mechanical properties 
of each child’s orthosis prior to generating a dynamic model. We evaluated the sensitivity of 
musculoskeletal simulation results to the assumptions in these dynamic orthosis models, finding 
estimates of ankle plantarflexor muscle force most sensitive to changes in the mechanical 
properties of the device. Estimates of each muscle force within the simulation were affected by 
changes in orthosis mechanical properties, and most influential model parameters were estimates 
of orthosis stiffness. Advances in the understanding of assumptions of mechanical properties on 
musculoskeletal simulation results provide guidelines for the implementation of orthoses in 
musculoskeletal models and simulations. 
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In addition, children with CP often have widespread muscle weakness compared to their 
typically developing peers, which is variable across the lower limb joints, and across the 
population of children with CP (Handsfield et al., 2016). Estimates of muscle strength within 
musculoskeletal models are typically not addressed when modeling typically developing or 
pathological gait. We, therefore, evaluated the implementation of subject-specific strength 
scaling based on handheld dynamometry measurements on the accuracy of musculoskeletal 
simulations for children with CP. Strength scaling, either uniform (representing typically 
developing strength) or subject-specific improved the agreement of musculoskeletal simulation 
predicted muscle excitation and measured muscle excitation. For some children with CP in the 
analysis, strength scaling substantially improved the simulation’s prediction of muscle activity, 
implying that muscle weakness may be one contributing factor to prolonged muscle activity 
observed in children with CP. This study proposes the use of a cost effective method to 
implement subject-specific strength scaling within musculoskeletal simulation of CP gait; 
however, we were unable to conclude subject-specific scaling provided improved agreement 
compared to scaling the model with typically developing strength. 
In summary, this work made several novel and valuable contributions to the 
understanding of gait mechanics and muscle function for children with CP: 
 Identified the relationship between joint power and self-selected walking speed for 
children with CP. This study confirmed previous reports of hip compensations strategies 
used by children with CP, but found these were not correlated with a child’s self-selected 
walking speed. These results suggest that training both the hip and ankle in physical 
therapy interventions could improve gait performance.  
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 Quantified effects tibial torsion and accompanying kinematics on the capacity of lower 
limb muscles to produce body acceleration during gait. Both skeletal alignment and 
related kinematics contributed to changes in muscle’s capacity to accelerate the body, 
with externally rotated postures resulting in the smallest muscle capacity to accelerate 
the body. 
 Evaluated assumptions of mechanical properties within passive foot-ankle orthosis 
model for children with CP. 4000 musculoskeletal model simulations generated from 
experimentally collected gait patterns for two children with CP were used to identify a 
range of muscle force estimates given uncertainties in the orthosis model.  
 Developed and evaluated a method to incorporate subject-specific muscle strength 
within musculoskeletal simulations for children with CP. 
 Provided an understanding of gait patterns for children with CP to help guide 
recommendations for physical therapy. 
This work advanced the use of musculoskeletal modeling and simulation for children 
with CP by evaluating model assumptions for the use of ankle-foot orthosis models, and 
proposing a cost effective method to incorporate muscle strength scaling within musculoskeletal 
models. However, the best methods to identify optimal treatment strategies for children with CP 
are still unclear. Future work should continue to develop modeling approaches that incorporate 
musculoskeletal deficits that are common in children with CP. Through both forward dynamics 
and hybrid simulation approaches, links between underlying musculoskeletal deficits and 
observed gait patterns can be developed and appropriately targeted through surgical and non-
surgical treatment strategies. Both mechanistic modeling approaches and subject-specific models 
can provide critical evidence towards understanding the cause and effect relationship between 
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neuromusculoskeletal deficits and gait performance. We hope to contribute to this end in the 
future by linking our previously validated ankle-foot orthosis model, subject-specific strength 
scaling, and our understanding of muscle mechanics for children with CP with exciting current 
research developing musculoskeletal models for muscle contracture and spasticity (Van der 
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APPENDIX B  
COMMON BIOMECHANICAL TERMINOLOGY 
Provided here is a brief overview of biomechanical terminology commonly used within 
this document. Anatomical planes of motion (Figure B.1) describe motion of the body relative to 
an anatomically relevant reference frame. Motion is described in three orthogonal directions 
including: anterior/posterior or forward/backward relative to the body, medial/lateral or 
towards/away from the body center, and superior/inferior or higher/lower on the body. The 
sagittal plane is normal to the medial/lateral axis, the frontal plane is normal to the 
anterior/posterior axis, and transverse plane is normal to the superior/inferior axis.  
 
Figure B.1 Anatomical planes (bold) and directions (italic) of motion for the human body.  
 
Muscle action, skeletal structure and joint motions are often described in these 
anatomical planes or axes (Figure B.1). For example, joint motion towards axially aligned 
segments is generally referred to as extension, while joint motion away from segment alignment 












centerline, adduction is motion towards the centerline. Finally ankle motion is described as 
dorsiflexion, or lifting the foot and toes towards the shank, and plantarflexion, or pointing one’s 
toe to flatten the foot and shank; subtalar motion is described as everted or motion of the foot 
away from the body centerline, and inverted or motion towards the body centerline. 
Focus on the dynamic function of lower limb musculature will also be taken within this 





Figure B.2 Anatomical view with major lower limb muscles and lower limb muscle groups 




APPENDIX C  
SUPPLEMENTARY FIGURES AND TABLES 
 
 
Figure C.1. Lower limb joint kinematics for participating children with CP grouped by foot 
progression angle during stance (externally rotated, gray; average, blue; internally rotated, black) 




Figure C.2. Pelvic kinematics for participating children with CP grouped by foot progression 




Figure C.3. Linear correlations between foot progression angle (FPA) and hip rotation (top left), 
pelvis rotation (top right), and tibial torsion (bottom). Linear correlation coefficient (ρ) and best 





Figure C.4. Probabilistic distribution for the AFO model ankle dorsiflexion stiffness parameter. 
Stiffness values derived from literature are highlighted with the plot shown. The fit distribution 
is shown (black). 
 
 
Figure C.5. Probabilistic distribution for the AFO model ankle plantarflexion stiffness parameter. 
Stiffness values derived from literature are highlighted with the plot shown. The fit distribution 




Figure C.6. Probabilistic distribution for the AFO model ankle equilibrium angle parameter. 
Equilibrium angle values derived from literature are highlighted with the plot shown. The fit 






Figure C.7. Lower limb joint kinematics for both participating children. Traces represent the 
average kinematics between both legs. Both walking trials for Child 1 (blue) and Child 2 (red) 
are shown.  
 
